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1.1. THE CARDIAC FUNCTION
The heart circulates blood through the body via two different pathways; the pulmonary
and the systemic circuit. In the pulmonary circuit, deoxygenated blood flows from the
right side of the heart, to the lungs; and then returns as oxygenated blood into the left
side of the heart. In the systemic circuit, oxygenated blood flows from the left side of
the heart to the body’s tissues, for exchange of oxygen, nutrients and waste products,
and thereafter to the right side of the heart again.
Figure 1.1 gives a schematic overview of the anatomy of the heart. Due to precise
timing of electrical and mechanical events, atria and ventricles contract in a rhythmic
manner during the cardiac cycle, as schematically shown in Figure 1.2. The two main
phases of a cardiac cycle are systole and diastole, the ventricular contraction and
relaxation phase respectively. In early diastole, the ventricles are relaxed and blood
flows from the atria into the ventricles. Then in late diastole, atrial contraction forces
a further bolus of blood into the ventricles. Subsequently, in systole, the ventricles
start to contract while their volumes remain constant (isovolumetric contraction),
directly causing the closure of the tricuspid and mitral valves. The pressures in the
ventricles further increase and eventually exceed the pressures in the pulmonary
artery and aorta. Then, pulmonary and aortic valves open and blood is pumped out of
the ventricles into the arteries. At the end of the ejection phase, the diastolic phase
starts with the onset of ventricular relaxation without changing volumes
(isovolumetric relaxation), and ventricular pressures decrease below artery pressures,
causing the closure of the corresponding valves. After further reduction of the
ventricular pressures, the tricuspid and mitral valves open and a new cardiac cycle
begins with the filling of the ventricles [1].
1.2. HEART FAILURE
Heart failure (HF) is a clinical syndrome, defined by typical symptoms like
breathlessness, ankle swelling and fatigue; caused by underlying cardiac dysfunction;
resulting in a reduced cardiac output and/or increased intracardiac pressures at rest
or during stress [2]. In other words, the heart of a HF patient cannot chronically meet
the body’s need for blood and oxygen, or only with abnormally high cardiac filling
pressures [1]. HF is an important health care problem, due to high mortality and
morbidity rates, and since healthcare costs are increasing due to the aging population
[3, 4]. It currently affects 1 – 2% of the adult population in developed countries, and
even more than 10% among the elderly (>70 years) [2]. Furthermore, predictions show
an increase in the total number of HF patients in the United States from 2012 to 2030
with 46% to more than 8 million people, and an increase in the total HF costs with
127% to approximately $70 billion per year [5]. Main risk factors for developing HF are
(coronary) heart diseases, hypertension, diabetes mellitus, obesity and smoking [3].
HF can be caused by myocardial abnormalities leading to systolic and/or
diastolic dysfunction, but also by abnormalities related to the valves, pericardium,
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Figure 1.2: Schematic overview
of the interaction between the
electrocardiogram and left ventricular
volumes and pressures. Abbreviations;
ECG: electrocardiogram, PCG:
phonocardiogram, AVC: aortic valve
closure, AVO: aortic valve opening, MVC:
mitral valve closure, MVO: mitral valve
opening, based on [1, 7].
the clinical syndrome of heart failure, the heart has made progressive anatomical
changes as a response to a chronically increased myocardial work load, reduced
myocardial contractility or altered myocardial tissue composition, in order to meet
with the body’s demand of blood [6]. The structural and/or functional adaptation of
the ventricles is called cardiac remodeling. Cardiac remodeling leads to an increase in
ventricular mass (hypertrophy) and/or in an increased volume (dilatation), leading to
a reduced contractility and/or increased stiffness of the myocardium. The ventricles
also remodel after acute myocardial infarcts but in a different way than for chronic
heart diseases [6]. This thesis will focus on heart failure as a chronic progressive
disease and in particular on the left ventricle (LV) as this is currently in general most
focused on for the diagnosis of heart failure.
1.3. CURRENT DIAGNOSIS OF HEART FAILURE
Left ventricular ejection fraction (LVEF) is currently the main parameter used to
classify heart failure. Heart failure patients are separated into three groups; i) HF with
1
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preserved LVEF (HFpEF, LVEF>50%), ii) HF with reduced LVEF (HFrEF, LVEF<40%),
and iii) HF with mid-range LVEF (HFmrEF, LVEF: 40 – 49%) [2]. Diastolic and systolic
dysfunction are typically seen as the causes of HFpEF and HFrEF respectively.
However, subtly abnormal systolic function is also present in some HFpEF patients,
and most HFrEF patients have also diastolic dysfunction [2, 8]. The HFmrEF group is
expected to have primarily mild systolic dysfunction, with potential features of
diastolic dysfunction. Although treatments have been shown to reduce morbidity and
mortality in the HFrEF group, these methods are not beneficial for HFpEF patients [2,
9]. Furthermore, the diagnosis of HFpEF is more challenging than HFrEF, since the
LVEF is normal and since signs and symptoms are non–specific and cannot be easily
used to distinguish HF from other clinical conditions [2]. Furthermore, patients do
often not show symptoms until they develop HFpEF in a late stage of the
pathophysiologic process [9]. Recognizing the precursors of HFpEF at an early stage,
and thus understanding the underlying causes, could potentially help in
accommodating earlier and more personalized treatment.
The current clinical assessment of systolic and diastolic function relies on the
echocardiographic measurement of cardiac volumes, and non-invasive Doppler
measurements of blood and tissue [10–12], but not on the intrinsic mechanical
properties of the myocardium [11]. For the evaluation of systolic heart function,
measurements of cardiac volumes cannot give insights in the contractile forces of, or
the mechanical pressures on the myocardium. The assessment of diastolic function is
even more challenging. Diastolic dysfunction is generally assumed to be related to an
increased myocardial stiffness of the left ventricle at end-diastole, caused by an
increased passive myocardial stiffness and/or early diastolic relaxation-rate
abnormalities [9, 10, 13–15]. Diastolic relaxation is an active energy-dependent
process that can for example be impaired due to acute myocardial ischemia; while the
passive ventricular stiffness can be increased by for example fibrosis, restrictive
cardiomyopathy or left ventricular hypertrophy [1]. Invasive pressure-volume loops
can be used to evaluate diastolic dysfunction; by assessing the non-linear relation
between pressure and volume at end-diastole, the resistance of the left-ventricle to fill
with blood is analyzed, often used as a measure of the left ventricular chamber
stiffness. However, its invasive nature makes this technique less suited for patient
screening purposes [9, 16]. Since noninvasive parameters used for the diagnosis of
diastolic dysfunction are non-specific [2, 8, 10], a complicated algorithm is needed for
diagnosis [10], leading to many undetermined situations.
The changes in cardiac volume, flow and tissue velocity that are currently
measured to assess systolic and diastolic function are surrogate parameters for the
myocardial function depending on loading conditions. By measuring the myocardial
stiffness – an intrinsic mechanical property of the myocardium – it is assumed that
the myocardial function could be assessed more directly [11]. This is especially
important for the early diagnosis of diastolic dysfunction in HFpEF patients caused by
an increased myocardial stiffness, where no treatments have been shown yet to be






There are multiple internal and external forces that can act on tissues; forces
perpendicular to the surface of the tissue (tension and compressive), and shear forces
that act parallel to the tissue. These forces apply a certain stress on the tissue (force
per unit of area) causing tissue deformation, or strain (deformation per unit of
length). Different terms are widely used to describe relationships between stress and
strain. In general, the term elasticity refers to the ability of a material to return to its
initial shape after removing the forces applied. The elastic modulus of a material
mathematically describes its resistance to deformation, and the Young’s and shear
modulus are often used to describe the elastic modulus with respect to a longitudinal
or shear force respectively [18]. Although in some fields the term stiffness is seen as
the resistance of an object to deformation, depending on the material’s elastic
modulus, but also on the objects geometry and the loading applied; tissue stiffness
often refers to the material’s elastic modulus only. Since most biological materials do
not have a linear stress-strain relation [18–20], instead of the Young’s Modulus, the
slope of a stress-strain diagram can be determined, which is called the tissue’s elastic
stiffness.
In cardiology, the left ventricular chamber compliance is often used to describe
how easily the left ventricle can fill with blood (reciprocal of elasticity), and is often
computed as the change in volume as a response to a change in pressure at
end-diastole by using invasive pressure-volume loops. However, it should be noted
that the chamber compliance depends not only on the intrinsic myocardial stiffness
(passive myocardial stiffness and the relaxation), but also on the left ventricular
chamber characteristics such as chamber size (which can be accounted for by using
non-linear curve fits) and wall thickness. Thus while chamber compliance can be
directly derived from pressure-volume data, theoretical models are needed to
quantify (3D) stress and strain to assess myocardial stiffness [16, 20].
Although the myocardium is a complex material to be described by models, we
will first discuss some mathematical definitions often used to describe different
stress-strain relationships of a material. Since these definitions assume a simply
linear isotropic material, we will then further discuss on the more complex
application of the myocardium.
1.4.1. Physics of Stiffness
This paragraph will give a short introduction to the equations used to describe a linear
isotropic elastic material under small deformation. For more information on material
characterization and the derivation of the equations, see [21–23]. Hooke’s law
describes the linear relation between stress σ in [Pa] and strain ε:
σi j = ci j kl εkl , (1.1)
with the indices of σ and ε indicating the direction of the stress/deformation and the
normal of the plane on which the stress/deformation is applied respectively, and with
1
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Figure 1.3: Schematic overview of the Young’s, Poisson’s, Bulk and Shear modulus. These engineering
constants can be assessed experimentally.
c the elastic modulus tensor in [Pa]. By assuming that a material is linearly elastic
under small deformation, the number of stiffness constants in the elastic modulus
tensor can be reduced from 81 to only two constants, called the Lamé coefficients λ
and µ. Equation 1.1 can now be simplified as follow:
σi j =λeδi j +2µεi j , (1.2)
with e indicating the volume change e = ε11+ε22+ε33 and δi j indicating the Kronecker
delta. The Lamé coefficients cannot be measured experimentally, but can be linked to
assessable engineering constants (Figure 1.3), which will be now described briefly.
The Young’s Modulus E is the resistance of a material to deform in longitudinal






The Poisson’s ratio ν describes how the material gets thinner (transversal strain εt )





The bulk modulus κ describes the relative volume change of the material e as a








The compressibility of a material is the reciprocal of the bulk modulus. Soft
tissues, and thus biological tissues, are often assumed to be nearly incompressible
(λ>> µ) and thus to have an infinite bulk modulus when interpreting shear waves for
elastography purposes. From Equation 1.3 - 1.5 it can be seen that this approximately
results in a Poisson’s ratio of ν= 0.5, and a Young’s modulus that is 3 times larger than
the shear modulus, E = 3µ [18, 24]. Similar as for the Young’s Modulus, the second
Lamé coefficient µ, also known as the shear modulus, describes the resistance of a








with γ describing the shear deformation. By rewriting Equations 1.5 and 1.6, the Lamé







The myocardium is a complex tissue that cannot be easily described by material
models. First, the stress-strain relation of biological tissues is non-linear and does
thus not follow Hooke’s law. Non-linearity is caused by hyperelasticity [19, 25, 26] and
viscoelasticity [18, 26]. Hyperelasticity means that the slope of the stress-strain curve
depends on the amount of stress applied; the larger the stress the stiffer the material
is. Viscoelasticity means that the deformation of the tissue depends on the rate of
stress excitation; the faster the stress is applied the smaller the deformation will be. As
a consequence, in the widely-used Kelvin/Voigt model, the Lamé coefficients are
described by complex values with a real part that describes the elasticity and with an
imaginary part that mimics the viscous behavior depending on the angular frequency
of stress excitation [27, 28]. Second, the myocardium is an anisotropic material due to
its complex fiber orientation [26, 29]. This means that the deformation of the tissue is
not homogeneous in all directions. Therefore, the material characteristics will not
only depend on the amount and rate of stress applied, but will also depend on in what
direction the deformation is measured. Third, in an in vivo situation the stiffness of
the myocardium measured depends on different components: i) the passive
component representing the elastic stiffness of the isolated relaxed wall depending on
the Lamé constants of the material, ii) the active component caused by muscle
contraction and relaxation, and iii) the hyperelastic component caused by the
pressure equilibrium in the cavities. The interaction between these components, and
thus the myocardial stiffness measured, varies throughout the cardiac cycle.
1.5. ELASTOGRAPHY
Elastography techniques measure the response of a material on a mechanical stress
applied, to assess the stiffness of the material. The stress can be applied with a quasi-
static or with a dynamic force. In quasi-static methods, a constant stress is applied
on tissue. In dynamic methods, forces that vary over time are applied, including short
transient forces – called transient elastography – as well as forces oscillating with a
constant frequency, called harmonic elastography [24]. The response of the material
can be measured and thereafter converted into material elasticity characteristics by
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Figure 1.4: Longitudinal versus shear waves. Longitudinal waves have particle motion in the same direction
as the propagation direction of the wave, while shear waves have particle motion perpendicular (transversal)
to the propagation direction.
Ultrasound and Magnetic Resonance Imaging (MRI) are the two main methods
used to assess the material’s response in elastography measurements. Ultrasound is a
safe, affordable and real-time technique that is convenient for patients and
practitioners. MRI has the advantage of measuring three-dimensional motion [30],
and is not restricted by the presence of gas or bone [31]. However, MRI is expensive,
uncomfortable for the patient, and slow compared to ultrasound. MRI techniques are
quickly developing, and several studies showed MRI as a promising technique to
assess stiffness, by performing full inversion on 3D displacement wave fields [30,
32–34]. However, to track the fast phenomena such as the propagation of shear waves
over time, high frame rates are required, which can currently be achieved by using
ultrasound, and which will be focused on in this thesis.
1.5.1. Shear Wave Elastography
In shear wave elastography (SWE) the propagation speed of vibrations induced by a
dynamic force are measured and converted into the tissue’s stiffness. This paragraph
will shortly introduce the relationships between propagation speeds and shear
modulus in a linear isotropic bulk medium. For the derivation of the equation see
[23].
Elastic waves can be categorized in longitudinal waves (P-waves; primary
irrotational waves), with the vibrations in the same direction as the propagation
(compressional waves), and shear waves (S-waves; secondary divergence free waves),
with vibrations perpendicular to the direction of propagation (transversal waves), see
Figure 1.4 for a graphical representation of these two wave types. The propagation
speeds of these waves, α and β in [m/s] respectively, can be directly linked to the















with ρ the density of the material in [kg/m3]. Since the propagation speeds of P- and












Figure 1.5: Schematic comparison of conventional focused ultrasound with several techniques that can be
used to increase the frame rate, such as multiline acquisition techniques, retrospective gating, diverging
waves and diverging waves compounding.
waves could in principle be used for material characterization. In practice, the
propagation speed of P-waves is mainly affected by the bulk modulus κ, since this
modulus is very large compared to the shear modulus µ in biological tissues (κ of ∼2 –
2.6 GPa versus µ of ∼0.3 – 100 kPa (based on propagation speeds in [23, 35])), while
the propagation speed of S-waves only depends on the shear modulus, as shown in
Equation 1.10. Furthermore, since the bulk modulus is very similar among different
biological tissues compared to the shear modulus, the propagation speed of S-waves
shows a larger variability among tissues than of P-waves (∼0.5 – 10 m/s versus ∼1400 –
1600 m/s respectively [23, 35]). Therefore, shear waves (SWs) are expected to be more
suited to assess the elastic properties of biological tissues. In SW echocardiography
specifically, while the propagation speed of SWs is measured for material
characterization, longitudinal ultrasonic waves are used to track the propagation of
these SWs. Due to the relatively fast typical propagation speeds of SWs, ultrasound
imaging needs to be applied with a high repetition rate to track these SWs when
propagating through the medium. This can be done with high-frame-rate
echocardiography.
1.6. HIGH-FRAME-RATE ECHOCARDIOGRAPHY
In conventional ultrasound, multiple focused beams are used to create an image
(frame). These focused beams consecutively scan the region-of-interest line by line,
as shown in Figure 1.5. The frame rate of ultrasonic images mainly depends on the
speed of sound (typically 1540 m/s in human tissue), the imaging depth, and the
number of transmissions used to create a single frame. Since multiple beams are
needed for a conventional-ultrasound image, the frame rate is limited (in general 30 –
100 frames per second). However, to image fast phenomena like SWs, higher frame
rates are required [36].
Frame rates can be increased by decreasing the number of transmissions needed
for an individual frame, by for example limiting the region-of-interest or reducing the




Multiline acquisition (MLA) techniques reconstruct multiple adjacent lines in
parallel for an individual transmit beam. However, only part of the transducer’s
aperture is used to broaden the focused transmit beams, resulting in a lower
signal-to-noise ratio (SNR) and lateral resolution. An alternative technique that
maintains spatial resolution, is retrospective gating, where smaller subsectors
measured in different heart cycles are combined into a single frame. Main
disadvantage of this technique is that it is not applicable in patients with an instable
heart rate or atrial fibrillation [37].
In plane-wave and diverging-wave imaging, a single broad beam is used to
insonify the entire region-of-interest at once, typically leading to more than 1000
frames per second. The relative low contrast and spatial resolution can be improved
by compounding several tilted transmissions for each frame [36–38].
1.7. CARDIAC SHEAR WAVE ELASTOGRAPHY
Several studies showed the potential of natural and active SWE techniques to assess
myocardial stiffness. Figure 1.6 gives a schematic overview of the methods most often
used in a cardiac setting. In natural SWE, the propagation speeds of natural vibrations
are measured. These natural vibrations occur after the aortic and mitral valve closure
(AVC and MVC) [39–44], often referred to as SWs. These SWs have been measured in
the transversal [39, 40, 42, 43] as well as in the longitudinal [44–46] direction of the
myocardium. Several studies also measured natural vibrations in the longitudinal
direction after atrial contraction [47–50], but it can be argued that these vibrations
cannot be classified as being SWs due to their vibrations in the longitudinal direction.
In active SWE techniques, vibrations are externally induced in the myocardium. This
has been done by using a mechanical shaker with a constant low frequency [51–53]
(often also used in combination with MRI), but more often by using an acoustic
radiation force (ARF) [54–58]. By transmitting a high-energy focused acoustic beam,
an ARF in the direction of this beam is applied on the tissue, with its magnitude
depending on the acoustic absorption, speed of sound in the tissue and the temporal
average intensity of the acoustic beam [59]. For both natural and active SWE, the axial
vibrations in the myocardium are tracked using high-frame-rate echocardiography,
and the propagation speed of the SWs is measured. Since higher propagation speeds
are expected for stiffer materials as shown in Equation 1.10, this results in a rather
quantitative measure of tissue stiffness. As an alternative to ARF-based SWE, the
magnitude of the on-axis axial displacement of the myocardium in the focus of an
ARF is tracked in several studies [60–62], called ARF imaging (ARFI). This results in a
more qualitative measure, as tissue displacements are expected to be inversely related
to tissue stiffness (Equation 1.3) while the exact force applied is unknown.
Nonetheless, recently a method has been proposed to calibrate the ARFI
displacements throughout the cardiac cycle using SW propagation speed values
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Figure 1.6: Schematic overview of the natural and ARF-based SWE and ARFI methods. In cardiac SWE
techniques, the propagation speed of vibrations propagating over the myocardium is measured, as these
speeds are related to the stiffness of the myocardium. In ARFI, the on-axis axial displacement of the
myocardium as a response to an ARF is measured, resulting in a more qualitative measure.
The potential of natural and ARF-based SWE and ARFI has not only been shown
in a research context, but also in several clinical studies. Higher propagation speeds
were measured in hypertrophic cardiomyopathy patients than in healthy volunteers,
using ARF-induced SWs at end-diastole [63] and natural SWs after AVC [39]. Also,
higher propagation speeds were found in cardiac amyloidosis patients when
analyzing natural SWs after AVC and MVC [40]. Furthermore, a correlation was found
between the SW propagation speed after MVC in hypertensive heart disease patients
with myocardial remodeling [41]. For the ARFI-technique, no clinical studies have
been published yet. Despite the promising clinical results of both natural and
ARF-based SWE, the different methods have their advantages and disadvantages. The
higher tissue velocity amplitudes of natural SWs compared to ARF (∼40 mm/s [64] vs
∼10 mm/s [55]) likely lead to higher SNR, which forms an advantage of using these
natural SWs. Furthermore, since the ultrasonic scanner does not need to induce
high-energy ARF pushes, natural SW elastography could be easier implemented in
current clinical practice. On the other hand, the practitioner has more freedom when
using an ARF, since the SW characteristics can be adjusted by changing the ARF
parameters and since an ARF can be applied at any moment in the cardiac cycle,
while natural SWs only occur at the specific moments of valve closure. Nevertheless, it
is challenging to induce SWs externally in a closed-chest transthoracic setting while
meeting acoustic safety criteria, and to subsequently track their propagation. This is
especially the case for the relatively fast-propagating small-amplitude SWs in the
systole, as well as for obese patients [65]. Main advantage of ARFI is that a focused
ultrasonic beam, instead of diverging waves, is used to track the on-axis
displacements. This leads to higher SNR compared to SWE. Nevertheless, a feasibility
rate of only 41% for ARFI applied in healthy volunteers throughout the entire cardiac
cycle has been recently reported [60].
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Although the potential of cardiac SWE has been shown in several studies, the
development of ARF-based cardiac SWE and ARFI techniques are still at an early
stage, and the interpretation of the natural SWs after valve closure remains unclear.
Several factors could affect SW propagation speed measurements. First, the exact
timing of valve closure within the cardiac cycle determines the instantaneous SW
propagation speed measured; and it is yet unsure in what extent passive myocardial
stiffness, and active contraction and relaxation is measured at the moment of valve
closure. Second, also loading conditions could affect the SW propagation speeds
measured, via for example hyperelasticity or the Frank-Starling mechanism. Third,
since it is uncertain what wave modes are induced after valve closure, it is unknown
what the exact effect is of the echocardiographic view on the SW propagation speeds
assessed. Furthermore, the anisotropic fiber orientation of the IVS has been shown to
affect SW measurements [55, 63, 66, 67]. Fourth, since the thickness of the IVS is small
compared to the wavelengths of the SWs, wave distortion could be expected in the
IVS, caused by frequency dispersion, resulting in so-called guided wave modes [28,
68–72]. Guided waves have been used to describe the SWs externally induced by an
ARF [70, 73], but little is known about the exact wave modes induced after valve
closure [43, 64].
1.8. THIS THESIS
The clinical aim of this thesis is to develop a non-invasive method that can directly
assess myocardial stiffness, and can therefore be used for the early assessment of
myocardial stiffness in people at risk of developing heart failure and for the diagnosis
of underlying pathophysiologies in HFpEF patients. Our hypothesis is that SW
propagation speeds are a good measure of myocardial stiffness. The objective of this
thesis is to determine which factors are important for the accurate measurement and
the interpretation of natural SWs after valve closure with respect to the assessment of
myocardial stiffness.
1.8.1. Outline
Since diffuse natural vibrations are expected in the heart, potentially caused by
breathing and flow, we study in Chapter 2 whether a spatial-temporal correlation
technique can be applied in a thin plate phantom – mimicking the myocardium – to
assess the propagation speeds of such diffuse vibrations.
Chapter 3 – 6 focus on the accuracy of natural SW propagation speed
measurements after valve closure. First, in Chapter 3, the variability of SW
propagation speeds after aortic valve closure over the depth of the IVS in open-chest
pigs is studied. Then, in Chapter 4, we assess the reproducibility of the SWs after
aortic and mitral valve closure in healthy volunteers. The reproducibility with respect
to different acquisitions, observers, measurement days and systems is studied. In
Chapter 5, we compare measurements of the natural SWs after aortic valve closure in




myocardial stiffness is expected to change during the propagation of the SWs after
aortic valve closure (relaxation) and mitral valve closure (contraction), we performed
a fundamental study on the effect of changing stiffness on wave propagation in
Chapter 6, using a mechanical setup and finite difference simulations.
Chapter 7 – 8 focus on the comparison of natural SWs after valve closure with SWs
externally induced by an ARF throughout the cardiac cycle. In Chapter 7, we compare
these SWs within individual objects and heartbeats in open-chest pigs. In Chapter 8,
this comparison is extended to a closed-chest situation and additionally the effect of
different loading conditions on both methods is investigated.
Chapter 9 focusses on an alternative to cardiac SWE by assessing left-ventricular
flow patterns with high-frame-rate echocardiography that may reveal early signs of
cardiac dysfunction. This chapter shows that high-frame-rate echo-particle image
velocimetry can be used to assess the high velocity diastolic blood flow patterns in 2D
in a heart failure patient.
Chapter 10 discusses the overall results of this thesis and the clinical perspective
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Abnormal biomechanical properties of the myocardium, such as increased passive
stiffness, prevent the heart of patients with diastolic heart failure to completely relax
during diastole. Therefore, non-invasively measuring the stiffness is of importance. In
this study, we used shear wave propagation speeds as a measure of stiffness of a thin
plate phantom. We tested the applicability of a spatio-temporal correlation technique
to determine these propagation speeds of diffuse fields in a thin plate. The obtained
speeds were similar to the results found with direct shear wave measurements. We also
show that propagation speeds are overestimated in non-completely diffuse wave fields
with out-of-plane propagation.




One of the most prevalent causes of death is heart failure. Left ventricular (LV)
diastolic heart failure currently accounts for more than 50% of all heart failure. The
abnormal biomechanical properties of the myocardium, such as increased passive
stiffness, prevent the heart to completely relax during diastole [15]. Therefore, early
recognition of changing passive myocardial stiffness is important to prevent further
development of heart failure, e.g. by changing the patients’ lifestyle.
Shear wave elastography can be used for non-invasive stiffness measurements.
Different shear wave techniques have been developed, either using magnetic
resonance or ultrasound imaging to detect these waves. Magnetic resonance imaging
(MRI) has the advantage of making 3D images and measuring the tissue velocity in
3D, which is in particular valuable for the wave propagation in the complex heart
geometry [30]. However, MRI is expensive, uncomfortable and slow.
Many studies have focused on ultrasonic shear wave elastography. Shear waves
(SWs) can be generated by external sources such as drums or an acoustic radiation
force (ARF), or by natural sources such as the closure of the valves [43, 44, 64].
Although the potential of ARF is shown in animal studies [54, 66, 75], the generation
and detection of SWs through the human chest wall remains challenging. Only during
end-diastole the myocardium is fully relaxed, which is required to measure the
passive mechanical properties of the myocardium. Since valve closure is not present
during this stage of the heart cycle, other sources of shear waves may be exploited.
It is expected that diffuse sources like breathing and flow noise are present
during the entire heart cycle. SW propagation speeds in diffuse wave fields can be
analyzed by using a spatio-temporal correlation technique. This technique has been
applied to bulk omnidirectional SWs [76, 77] and surface waves. However, since the
myocardium is relatively thin, Lamb wave phenomena including dispersion could be
expected. Furthermore, SWs will not propagate omnidirectionally, but parallel to the
surface. In this study we tested the applicability of the diffuse wave technique in a
polyvinyl alcohol (PVA) thin plate phantom, and compared it to in-plane SW
measurements and a mechanically measured shear modulus.
2.2. MATERIALS AND METHODS
2.2.1. Phantom
To mimic in vivo geometry conditions, a thin plate phantom with a thickness of around
10 mm was used. Although the myocardium mainly consists of muscle fibers arranged
in different layers with changing orientation through thickness [66], the phantom was
made homogeneous and isotropic for simplicity reasons. The phantom was prepared
by freeze-thawing 10% polyvinyl alcohol powder, 1% silicon carbide powder (50% SiC
K-800, MTN-Giethoorn, NL, 50% SiC K-400 Cats Hoogvliet, NL), 20% cooling liquid




The phantom was horizontally submerged in a water tank. IQ data was acquired with
an L7-4 probe connected to a Verasonics Vantage research scanner (Verasonics,
Kirkland, WA). Different sources were used to induce SWs in the phantom. First, an
ultrasound transducer was used to induce direct SWs via ARF. The SWs were tracked
by the same probe. Initial tests showed that anti-symmetric zero order Lamb waves
were induced during ARF measurements, while mixed types (Rayleigh and Lamb)
were present during measurements using contact forces to excite shear waves. To
induce body forces while tapping on the phantom instead, four metal rods were glued
through the entire thickness, as described by Nenadic et al. [71]. As a second
measurement method, called rods tapping (RT), screws were used to tap on these
metal rods on both sides of the phantom to create a diffuse field. To prevent a
coupling effect between the rods and the bottom of the water tank, a dishcloth
underneath the phantom was used as damping material. Finally, as a third method, a
metal rod attached to an electromagnet functioned as mechanical push (MP) on top
of the phantom.
2.2.3. Data Analysis
By using a one-lag autocorrelation technique, axial tissue velocities were obtained [44].
To reduce noise, a spatial smoothing filter was applied by convolving a Gaussian kernel
with a size of 2.4 mm in axial and lateral direction with the individual frames. A 6th-
order Butterworth bandpass filter from 100 – 250 Hz was applied to the IQ data in the
slow-time direction.
Propagation Speeds
For the ARF measurements, the slope of a direct single wave pattern in the velocity
panel was determined to obtain the propagation speed. For the RT measurements,
multiple waves were coming from both sides of the probe, interacting with each other.
A direct wave pattern could not be distinguished and therefore a spatial-temporal
correlation technique was applied [76–79]. By correlating the temporal velocity signal
of individual pixels with the signals of surrounding pixels, a cross-correlation panel
for each individual pixel was obtained. By determining the slopes of the wave pattern
in these correlation panels, local propagation speeds were estimated for individual
pixels [79]. For this cross-correlation technique, the frequency components with
highest intensity dominate. To improve the use of information in the wave field
spectrum, equal weight can be given to all frequency components. This method is
called phase correlation [78]. These spatial-temporal correlation techniques were also
applied to MP measurements.
For the velocity panels, the axial tissue velocities of ten horizontal image lines,
located in the upper region of the phantom, were averaged before further analysis of
the data. When the spatial-temporal correlation technique was applied, results of ten
lines were averaged after the analysis of each individual line. Subsequently, for each
Diffuse Shear Wave Elastography
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Figure 2.1: Propagation speeds obtained for the ARF, MP and RT measurements. For the ARF measurements,
a Radon transform was applied directly to the velocity panels. For the other measurements, the phase- and
cross-correlation panels (PC and CC) were used. Median values are based on ten measurements.
type of measurement, the median or average (depending on the underlying data
distribution) of ten individual measurements was computed.
Radon transforms were used to determine the slope of the wave patterns in the
velocity and correlation panels. To avoid a bias caused by the square image domain,
the panels were first resampled to have an equal number of pixels in both directions.
Thereafter, the Radon transform result was normalized by the Radon transform of an
image of equal size with only unit values [64].
Phase Speeds
By using the 2D-Fourier spectrum of the velocity or correlation panel, and by
converting the wavenumbers into phase speeds, the dispersion curves were obtained.
These curves were compared with the theoretical dispersion curves of an
anti-symmetric Lamb and Rayleigh wave for a plate submerged in fluid [71].
Mechanical Indentation Test
For comparison, the shear modulus of the phantom was measured mechanically via
an indentation test, with an indentation rate of 0.2 mm/s and a total indentation of 2.5
mm. The results of ten measurements were averaged.
2.3. RESULTS
2.3.1. Propagation Speeds
To prevent overestimation of the propagation speeds due to misalignment [64], two
rods aligned with the probe were used for the RT measurements. Propagation speeds
between 2.1 and 2.4 m/s were found for a frequency band of 100 to 250 Hz, see Figure
2.1. By using the ratio between the Rayleigh wave number kR and the shear wave
number kS ; kR /kS = 1.1915 [72], the propagation speeds were converted to a shear
2
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RT  - Phase Correla!on
RT  - Velocity Panel
RT  - Cross Correla!on
Figure 2.2: Dispersion curves obtained from the
velocity, phase-correlation and cross-correlation
panels for the RT measurements with two rods
aligned with the probe. Median values of ten
measurements with 1 σ range are depicted.

























RT - Phase Correla!on
Lamb Wave - 8.7 kPa
Rayleigh Wave - 8.7 kPa
Bulk Shear Wave - 8.7 kPa
Figure 2.3: Comparison of the dispersion curves
obtained from the velocity panels of the ARF
and MP and the phase-correlation panel of the
RT measurements. Mean values and standard
deviations are shown for the ARF measurements. For
the MP and RT measurements, median values of ten
measurements with 1 σ range are depicted.
modulus µ. Since Lamb and Rayleigh dispersion curves converge for higher
frequencies, this ratio could be used by applying the following equation:
µ= ρ · (1.1915 · c)2, (2.1)
with ρ the density of the phantom in [kg/m3] and c the obtained propagation speed in
[m/s]. A value of 1050 kg/m3 was used for the density of the phantom. Shear moduli
of 7.9, 7.4, 8.2, 7.2 and 7.0 kPa were obtained for the ARF, MP with phase correlation,
MP with cross correlation, RT with phase correlation and RT with cross correlation
measurements respectively. The mechanical indentation test led to an average shear
modulus of 8.7 ± 0.2 kPa.
2.3.2. Phase Speeds
Dispersion curves were obtained from the phase and cross correlation panels, as well
as directly from the velocity panel. The results are shown in Figure 2.2. The dispersion
curves obtained from the phase correlation panel coincide with the curves obtained
from the velocity panel. Cross correlation led to larger uncertainties, especially for the
lower frequencies.
The dispersion curves of the ARF, MP and RT measurements are compared in
Figure 2.3. The mechanically measured shear modulus of 8.7 ± 0.2 kPa was used for
computing theoretical dispersion curves of Rayleigh and anti-symmetric Lamb waves
in a plate submerged in fluid [72]. These theoretical dispersion curves are also shown
in Figure 2.3. The dispersion curves of the ARF and RT measurements follow a
theoretical anti-symmetric Lamb wave, while the curves of MP measurements show
similarities with a theoretical Rayleigh wave. However, the measured phase speeds are
in general lower than the theoretical speeds.































RT - 2 rods 
RT - 4 rods 
RT - 2 rods - Angle 20°
RT - 2 rods - Angle 20° - Corrected
a) b)
Figure 2.4: (a) Overview of the three different types of RT measurements. Two rods that were perfectly
aligned with the probe, two rods that made an angle of 20° with the probe, or four rods were used.
(b) Differences in dispersion curves for three different RT measurements. The measurements with an
angle of 20° between the rods and probe were also corrected with a factor cos(20). Median values of ten
measurements with 1 σ range are depicted.
2.3.3. Out-of-Plane Propagation
To investigate the effect of an incompletely diffuse field on the measured propagation
speeds, three types of RT measurements were performed. Two rods were perfectly
aligned with the probe scan plane, two rods were placed under an angle of 20° with
the center of the probe scan plane, and four rods were placed at the corners of the
phantom, see Figure 2.4 a. The dispersion curves are depicted in Figure 2.4 b. The
propagation speeds obtained for measurements with two rods under an angle with
the probe, were also corrected with a factor of cos(θ) [64].
2.4. DISCUSSION
Figure 2.1 shows similar propagation speeds for the ARF, the MP and RT
measurements. This illustrates that the spatial-temporal correlation technique is
applicable to Lamb waves in a slab. The propagation speeds obtained with cross
correlation show a larger deviation from the ARF measurements and have larger
uncertainties than the results obtained with phase correlation. All obtained
propagation speeds are converted to shear moduli via Equation 2.1. These shear
moduli are slightly lower than the mechanically measured shear modulus. It should
be noted that the Rayleigh wave speed is needed as input for Equation 2.1, while we
measured the propagation speed of a frequency band from 100 to 250 Hz. Since
dispersion occurs in this frequency band, the true Rayleigh wave speeds were not




The results show, that for a diffuse field, similar dispersion curves can be obtained
directly from the velocity panel and from the phase-correlation panel. Therefore, in a
situation with a homogeneous sample, the spatial-temporal correlation technique can
be redundant for determining phase speeds. However, for inhomogeneous media (like
the myocardium) obtaining dispersion curves via a 2D Fourier spectrum becomes less
accurate. The advantage of the spatial-temporal correlation technique is that more
local propagation speeds are obtained since only spatial data of a few wavelengths of
the selected frequency band is needed for determining propagation speeds. To obtain
even more local values, instead of estimating the slope of the correlation panel, the
spatial focus can be matched to a theoretical profile to estimate the propagation speed
[77].
The results show overestimated propagation speeds for the measurements where
the probe was not aligned with the sources of the SWs. With a completely diffuse field,
this error is expected to cancel out since, for each SW, there is a SW coming from the
opposite direction. However, for in vivo situations it will be difficult to realize a
completely diffuse field. Therefore, propagation speeds will be overestimated.
Compared to measurements like ARF, with inherently no out-of-plane propagation,
this forms a challenge for using the spatial-temporal correlation technique, assuming
diffuse fields. A potential way to deal with partly non-diffuse fields could be to make
use of 3D recordings. When SWs are coming from mainly one direction, as is the case
after valve closure, the direction in which the SWs are tracked is expected to influence
the apparent propagation speed. Consequently, valves should be kept in the image
plane, which is shown to be feasible in preliminary in vivo tests.
2.5. CONCLUSION
This study showed that in a plate situation with Lamb waves, a spatial-temporal
correlation technique can be applied to obtain propagation speeds of diffuse fields. In
addition, it is shown that for partly non-diffuse fields, out-of-plane propagation leads
to overestimation. For in vivo measurements, it could be complicated to realize a
completely diffuse field and to circumvent out-of-plane propagation. 3D recordings
and / or cautious 2D scanning might be required to overcome this problem.
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Shear wave elastography can potentially be used to diagnose an increased stiffness of
the myocardium of patients with diastolic heart failure. This study focusses on the shear
waves induced after aortic valve closure in the interventricular septum. The propagation
speed of these shear waves is expected to be related to the stiffness of the myocardium and
is determined along a manually-drawn M-line over the myocardium. In this study the
effect of M-line location and angle is systematically investigated. In vitro, measurements
were performed using a PVA slab phantom, and in vivo using three pigs with open chest.
We found large global differences in propagation speed for different M-line locations
over the interventricular septum, possibly having physiological causes. To avoid these
physiological effects, we averaged the propagation speed of 10 M-lines manually drawn
at the endocardial side of the interventricular septum. A local median of intra-scan
interquartile range of about 0.6 m/s was found.




About 50% of all heart failure patients has a preserved ejection fraction (HFpEF) [81].
Diastolic dysfunction is expected to be an important cause of this type of heart
disease, where a decreased active relaxation and/or increased passive stiffness
prevent the heart to completely relax [15]. At present, there is no accurate clinical
method for non-invasive stiffness measurements of the myocardium. However, early
diagnosis of increased stiffness is important for preventing further development of
heart diseases and could likely help in accommodating generalized and/or
personalized treatment [82].
Shear waves (SWs) can potentially be used to perform noninvasive stiffness
measurements of the myocardium [83], called shear wave elastography. Several
studies report on using ultrasound for shear wave elastography. External sources such
as a mechanical shaker or acoustic radiation force, or natural sources like the closure
of the valves induce SWs in animal and human studies. This study focusses on the
natural SWs induced in the interventricular septum (IVS) by the closure of the aortic
valve (AVC), which thus do not require an external source. Furthermore, it was found
that shear waves induced by AVC have larger amplitudes compared to the waves
induced by mitral valve closure [64].
The propagation speed of SWs is linked to the shear and Young’s modulus of the
medium in which the SWs propagate. To determine these propagation speeds, SWs
are measured along a manually-drawn line on the IVS (anatomical M-line) in long-
axis parasternal high frame rate recordings. Since selecting the M-line is a manual
process, we studied the influence of M-line location and angle on the measured SW
propagation speed. We performed in vitro and in vivo measurements. With the in vitro
measurements, we systematically investigated how the measured propagation speed is
affected when the M-line makes an angle with the SW propagation direction. For the
in vivo measurements, we tested the intra-scan variability in anticipation of clinical
diagnostic application.
3.2. MATERIALS AND METHODS
3.2.1. Measurement Set-ups
In Vitro Measurements
For the in vitro measurements, we used a custom polyvinyl alcohol (PVA) slab
phantom with a thickness of around 10 mm, horizontally submerged in a water tank.
The phantom was prepared by freeze-thawing 10% polyvinyl alcohol powder, 1%
silicon carbide powder (50% SiC K-800, MTN-Giethoorn, NL, 50% SiC K-400 Cats
Hoogvliet, NL), 20% cooling liquid (Koelvloeistof Basic Safe, Halfords, NL) and 69%
distilled water. We used an electromagnet to tap with a metal rod on top of the
phantom to induce SWs. High frame rate images were recorded at a PRF of 1000 Hz










































Figure 3.1: In vitro measurements of a slab phantom. (a) A horizontal M-line was rotated around its center
from -20 to +20 degrees. (b) Propagation speeds obtained for the M-lines depicted in (a). The obtained
propagation speed was found to change with rotation angle.
In Vivo Measurements
For the in vivo measurements, we scanned three Göttingen minipigs (age of ∼1.5
years) with open chest that were used in a larger study cohort of diabetic animals and
controls. The Erasmus MC Animal Experiments committee (DEC 109-12-22)
approved the study and the experiments agreed with the NIH Guide for the Care and
Use of Laboratory Animals. An intramuscular injection of Zoletil
(Tiletamine/Zolazepam; 5 mg/kg) and Xylazine (2.25 mg/kg) was used for sedation.
Anesthesia was thereafter induced using intravenous infusion of pentobarbital (15
mg/kg/h). During the measurements, the animals were mechanically ventilated while
lying on their back after full sternotomy. To stabilize the contact between probe and
heart, the pericardium stayed closed. High frame rate plane-wave images (5 MHz
pulses) were recorded in long-axis parasternal view with a PRF of 1000 Hz with an
L15-4 probe connected to an Aixplorer system (Supersonic Imagine, Aix-en-Provence,
France).
3.2.2. Data Analysis
A one-lag autocorrelation method was applied to the analytic data to obtain axial
particle velocities [44]. Propagation speeds were computed along manually-drawn
M-lines. The particle velocities along an M-line for subsequent frames were
combined in a velocity panel. A Radon transform was applied to these velocity panels
to determine the propagation speed [64]. Before applying the Radon transform, the
velocity panels were first resampled to have a square pixel size and the Radon domain
was normalized [64] for higher accuracy.
In Vitro Data
To reduce noise, a Gaussian spatial smoothing filter with a kernel size of 2.4 mm in
both directions was applied to the individual autocorrelation frames before
Intra-Scan Variability of Natural Shear Wave Measurements
3
27
calculating the phase during the one-lag autocorrelation technique as described in
[44]. When the M-line makes an angle with the wave propagation direction, it is
expected that propagation speeds are overestimated due to an apparent larger
wavelength, called out-of-line propagation. Therefore, to test the effect of out-of-line
propagation systematically, a horizontal M-line through the middle thickness of the
phantom was rotated around its center from -20 to +20 degrees, see Figure 3.1 a.
In Vivo Data
The autocorrelation frames were convolved with a spatial smoothing filter with a
kernel size of 0.77 x 1.00 mm in axial and lateral direction to reduce noise.
Furthermore, a fourth order Butterworth bandpass filter from 40 – 100 Hz was applied
to the particle velocity data in slow-time direction. Two tests were performed on the
in vivo data. In test 1, the effect of global M-line location and angle over the thickness
of the IVS was investigated. Three straight M-lines were manually drawn over the
thickness of the IVS, roughly following the curvature of the IVS. Subsequently, the
M-lines were automatically rotated around their basal-ends with steps of 1 degree. In
test 2, the local differences in propagation speed were investigated as follows. For
every recording, 10 M-lines were drawn at the left ventricle (LV) side of the IVS to test
intra-scan reproducibility. Hereby the aim was not to draw the M-lines at identical
locations, but to represent variations in M-line location that could occur when
different observers would repeat the analysis. We chose for the LV side in test 2 since
test 1 suggested higher SNRs in the particle velocities. In test 2, different methods
were used and compared to track the propagation patterns of the SWs. The maximum
as well as the minimum intensity was selected in the Radon domain of the velocity
panels, in order to track the maximal particle velocities away and in the direction of
the probe respectively. Furthermore, the time derivative of the velocity panels was
computed to obtain acceleration panels and the propagation speed was determined
for these acceleration panels as well. By using acceleration panels global cardiac
motion is assumed to be more suppressed [64] and the maximal and minimal particle
acceleration instead of particle velocity values can be tracked. Figure 3.3. shows an
example of the 10 M-lines drawn at the LV side of the IVS for one recording and shows
the velocity and acceleration panel corresponding to one M-line.
3.3. RESULTS
3.3.1. In Vitro Results
Propagation speeds were found to increase with absolute rotation angle of the M-line,
see Figure 3.1. For the horizontal M-line a propagation speed of 2.08 m/s was found,
while propagation speeds of 2.30 m/s and 2.35 m/s were found for a rotation of -20 and
+20 degrees respectively. Theoretically in case of a plane shear wave, a bias of 1/cos(θ)
is expected. This means that for a true propagation speed of 2.08 m/s, a propagation














































































v = 5.7 m/s
Figure 3.2: Test 1, in vivo measurements. (a) Overview of the M-lines drawn on the IVS for one measurement.
The dashed lines depict the M-lines corresponding to the highest (pink) and lowest (green) propagation
speed found. (b) Propagation speeds found for the M-lines depicted in (a) for a frequency band of 40
– 100Hz. (c) M-panels with highest and lowest propagation speeds. Positive particle velocity values
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v = 9.8 m/s
v = 7.8 m/s
[mm/s2]Accelera!on Panel
Figure 3.3: Test 2, in vivo measurements. For every measurement, 10 M-lines were drawn at the LV side of
the IVS (a). Velocity (b) and acceleration (c) panel of the white M-line shown in (a). Different propagation
speeds were obtained when selecting the maximum (red lines) or minimum (white lines) intensity in the
Radon domain of both panels. Positive particle velocity values correspond to axial particle motion away
from the probe.
3.3.2. In Vivo Results
In test 1, large differences were found for the different M-line locations over the
thickness of the IVS. The differences in propagation speed between the M-lines varied
strongly between different recordings as well. For the measurement shown in Figure
3.2, propagation speeds between 5.7 m/s and 10.1 m/s were found. In general, larger
particle-velocity amplitudes, suggesting higher SNRs in the particle velocities, and
lower propagation speeds were found on the LV side of the IVS. In test 2, the measured
propagation speeds differed when selecting the maximum or minimum intensity in
the Radon domain of the velocity and acceleration panels. Higher propagation speeds
were found when tracking a rim of the SW earlier in time, see Figures 3.3 and 3.4.
Median values of 6.2 m/s (inter-quartile range (IQR) 5.7 – 6.9 m/s) and 5.1 m/s (IQR
4.7 – 5.6 m/s) were found when selecting the maximum and minimum intensity
respectively in the velocity panels, see Table 3.1. This difference was found to be
significant (p<0.001, Wilcoxon signed-rank test). Also different propagation speeds
Intra-Scan Variability of Natural Shear Wave Measurements
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Figure 3.4: Test 2, in vivo measurements. Median and IQR values for the propagation speeds along 10 M-
lines in each individual measurement. Particle velocity panels as well as particle acceleration panels were
used to compute propagation speeds. In both panel types the maximum and minimum intensity in the
Radon domain was selected.
Table 3.1: Test 2, in vivo measurements. Overview of the statistical characteristics of the propagation speed




Median of IQR (IQR)
[m/s]
Velocity Panels
Max in Radon domain 6.2 (5.7 – 6.9) 0.56 (0.41 – 0.86)
Min in Radon domain 5.1 (4.7 – 5.6) 0.56 (0.38 – 0.66)
Acceleration Panels
Max in Radon domain 6.7 (6.0 – 7.4) 0.61 (0.40 – 0.82)
Min in Radon domain 5.8 (5.3 – 6.3) 0.46 (0.30 – 0.73)
were obtained for the maximum (median of 6.7 m/s, IQR 6.0 – 7.4 m/s) and minimum
(median of 5.8 m/s, IQR 5.3 – 6.3 m/s) intensities in the acceleration panels (p=0.0015,
Wilcoxon signed-rank test). The median of the IQRs was used as a measure of the
intra-scan variability in Table 3.1. The median IQR was not found to be statistical
different between the different methods used to determine the propagation speeds.
3.4. DISCUSSION
For the in vitro study, Figure 3.1 shows a bias in propagation speed up to 13% due to
out-of-line propagation when rotating the M-line with θ = 20 degrees. This bias does
not completely reconcile with the expected bias of 6% in case of a perfect plane wave.
For test 1 of the in vivo data, the differences found in propagation speed were in
multiple recordings much larger than the 13% found in the in vitro study. Therefore,
we expect that these differences are not only caused by out-of-line propagation, but
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have physiological causes. For example, the IVS is expected to be inhomogeneous and
thus stiffness variations over the thickness might be present. Furthermore, SWs were
found to propagate faster along the fiber orientation than perpendicular to the fiber
orientation [84], and fiber orientation in the IVS might differ over the thickness, as was
found for the LV free wall [66].
For test 2, the M-lines were all located at the LV side of the IVS. Therefore, the
variations found in test 2 are not expected to have physiological causes, but to be
caused by measurement inaccuracy. Consequently, the precision can be improved by
averaging over multiple M-lines drawn at the same side of the IVS. The SWs were
tracked along M-lines with a maximum length of about 2.5 cm. A SW with a center
frequency of for example 70 Hz and a propagation speed of 6 m/s, has a wavelength of
8.6 cm. Therefore only a fraction of the wavelength could be tracked, causing
measurement inaccuracy. This inaccuracy will increase with increasing wavelength
and thus with increasing propagation speed. Whether a median IQR of about 0.6 m/s
is low enough for diagnostic application should be investigated in further research.
Furthermore, it should be noted that the intra-scan variability measured in this study
could be different for other animals or human.
The comparison of the different methods to track the propagation pattern of the
SWs shows no significant differences in intra-scan variability. Yet, a higher
propagation speed was found when tracking a rim of the SW earlier in time, see Figure
3.3. Since the myocardium is relaxing during the moment of AVC, a decrease in SW
propagation speed is expected over time. This change in SW propagation speed
during the heart cycle was also measured in open chest sheep by using an acoustic
radiation force [55]. However ,this could only partly explain the measured decrease in
propagation speed. Dispersion effects could be present as well. The IVS has a
thickness (8 – 15 mm) smaller than the wavelength of the SWs and therefore
dispersive guided waves are expected. This is supported by several authors measuring
dispersion after AVC [43, 64]. By using the Radon transform, the propagation speed of
a rim of the SW is measured. However, for dispersive waves, it is more accurate to
measure phase speeds instead [85]. Nonetheless, dispersion analysis was not
included in this study due to a limited spatial domain.
This study shows that M-line location and angle as well as the method used to
determine SW propagation speeds strongly affect the results. Nonetheless, no
difference in intra-scan variability was found among the different methods included.
We think that for comparing different studies and for clinical diagnostic application, it
is important to decide on a more standardized method.
3.5. CONCLUSIONS
This study shows that the M-line location and angle on the IVS influence the measured
propagation speed of the SWs induced by AVC in open-chest pig data. In addition, it
shows that results are affected by the method used to track the propagation pattern
of the SWs, but that the intra-scan variability, as defined by the median inter-quartile
Intra-Scan Variability of Natural Shear Wave Measurements
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range, is, independent of the method. For comparing different studies and for clinical
diagnostic applications, a more standardized method of shear wave tracking is needed.
Acknowledgements
We thank the Experimental Cardiology group at the Erasmus MC, Rotterdam, the
Netherlands for facilitating the animal experiments. We also thank J. Bercoff,
SuperSonic Imagine, for providing the Aixplorer system. This work is part of the
STW/TTW – Dutch Heart Foundation partnership program ’Earlier recognition of
cardiovascular diseases’ with project number 14740, which is (partly) financed by the












Natural Shear Wave 
Elastography Measurements
Based on:
"Reproducibility of Natural Shear Wave Elastography Measurements", Ultrasound in




For the quantification of myocardial function, myocardial stiffness can potentially be
measured noninvasively using shear wave elastography. Clinical diagnosis requires high
precision. In 10 healthy volunteers, we studied the reproducibility of the measurement
of propagation speeds of shear waves induced after aortic and mitral valve closure (AVC,
MVC). Inter-scan was slightly higher but in similar ranges as intra-scan variability (AVC:
0.67 m/s (interquartile range [IQR]: 0.40 – 0.86 m/s) versus 0.38 m/s (IQR: 0.26 – 0.68
m/s), MVC: 0.61 m/s (IQR: 0.26 – 0.94 m/s) versus 0.26 m/s (IQR: 0.15 – 0.46 m/s)). For
AVC, the propagation speeds obtained on different day were not statistically different (p
= 0.13). We observed different propagation speeds between 2 systems (AVC: 3.23 – 4.25
m/s [Zonare ZS3] versus 1.82 – 4.76 m/s [Philips iE33]), p = 0.04). No statistical difference
was observed between observers (AVC: p = 0.35). Our results suggest that measurement
inaccuracies dominate the variabilities measured among healthy volunteers. Therefore,
measurement precision can be improved by averaging over multiple heartbeats.




In developed countries, approximately 1% – 2% of the adult population has heart
failure. The prevalence is even rising to >10% among people older than 70 years [2].
Currently, geometric volumes and non-invasive Doppler measurements of tissue and
blood are used for the echocardiographic evaluation of cardiac myocardial function
[10, 12]. Nonetheless, these parameters that for the most part measure the effects of
myocardial function are load dependent [11]. No accurate method currently exists for
non-invasive cardiac stiffness measurements. Measuring the stiffness of the
myocardium likely provides more direct insights in the condition of the myocardium
[11], as recently shown by Villemain et al. (2019) [63] in a group of volunteers and
hypertrophic cardiomyopathy patients using shear wave elastography measurements
(SWE). To distinguish the types of diastolic and systolic dysfunctions and to
accommodate more personalized treatments, non-invasive stiffness measurements
could be a valuable tool.
Several studies have shown the potential of shear waves (SWs) to be used for
measuring the stiffness of the myocardium non-invasively [33, 34, 39, 40, 42, 63]. The
propagation speed of these SWs is expected to be linked to Young’s modulus of the
myocardium.
Magnetic resonance and ultrasound imaging have been used in a variety of
animal and human studies to perform SWE measurements. The advantage of using
magnetic resonance imaging (MRI) is that the 3D displacement field of the SWs in the
complex cardiac geometry can be measured [30]. However, MRI is expensive,
uncomfortable and slow. Moreover, MRI cannot be used for patients with arrhythmia
because of cardiac gating. For SWE using ultrasound imaging, several studies have
used external sources, such as mechanical shakers [51–53] or acoustic radiation forces
(ARF) [54–57, 63, 75, 87] to induce SWs. The SWs naturally occurring after aortic valve
closure (AVC) or mitral valve closure (MVC) have been investigated as well [39, 42–44,
49, 64, 88]. An advantage of exploiting the SWs induced by valve closure is that these
SWs were observed to have larger tissue velocity amplitudes (>40 mm/s) [64] than the
SWs induced by an external acoustical force (>10 mm/s)[55], likely leading to higher
signal-to-noise ratios. However, the low frequency content of natural SWs [42, 43, 64]
compared with external sources [52, 55, 56], and thus the inherently larger
wavelengths form a disadvantage of natural shear wave propagation speed
measurements. Because the SWs can only be tracked over the limited length of a few
centimeters of the interventricular septum (IVS), smaller fractions of the wavelength
can be tracked for SWs with low frequencies, causing measurement inaccuracy. In
addition, for 2D natural SW propagation speed measurements, the source of the SWs
is not ensured to be in the plane with the field of view, as is the case for ARF-based
measurements, and therefore out-of-plane propagation could also induce
measurement inaccuracy [64]. These measurement inaccuracies should be




Other than measurement inaccuracies, SW propagation speed measurements
are expected to be affected by various phenomena. First, the myocardial stiffness
measured depends on the intrinsic viscoelastic material characteristics of the
myocardium, independent of loading conditions. Significant different propagation
speeds have been measured after AVC and MVC for pathologic stiff myocardium as in
hypertrophic cardiomyopathy [39] and amyloidosis patients [40] compared with
healthy volunteers. Second, the moment in the cardiac cycle will determine to what
extent passive myocardial stiffness and additional myocardial contractility are
measured. This is opposite to the alternative method of using ARF to induce SWs, as
the ARF push can be timed throughout the cardiac cycle and hence is able to capture
the myocardium in a relaxed state. The variations in myocardial stiffness during the
cardiac cycle have been measured in several studies [55, 62]. However, SWs induced
by valve closure only occur at two stages of the cardiac cycle, during which the heart is
not completely relaxed. Therefore, natural SW propagation speed measurements
most likely measure a combination of passive myocardial stiffness and contractility,
potentially providing information about diastolic and systolic function, albeit that the
disentangling is a challenge. Third, because of the nonlinear stress-strain relationship
of biologic materials [19], the filling state of the ventricle is still expected to influence
SW propagation speed measurements, even when measured at end-diastole [11].
Furthermore, contractility is also known to be affected by pre-load via the
Frank-Starling mechanism. Therefore, other than measurement inaccuracies,
hemodynamic variations are also expected to affect reproducibility.
For the application of clinical diagnosis, knowledge on measurement
reproducibility is needed to distinguish normal and pathologic myocardial function.
This study tests the reproducibility of determining the propagation speed of natural
SWs induced in the IVS after AVC and MVC in healthy volunteers. Studies have shown
that propagation speeds after AVC can be determined in vivo by using a clinical
ultrasound system using conventional or adapted tissue Doppler imaging (TDI) [43,
44, 89]. Other studies have demonstrated the feasibility of measuring the SWs
induced by AVC and MVC in a single recording using diverging waves [40, 42, 64].
Slope-estimator, intra-observer, inter-observer and test-retest variabilities have been
recently tested for natural SWs in healthy volunteers [42]. However, we have observed
that anatomic M-line location on the IVS, along which the SWs are tracked, affects the
measured propagation speed in pigs, causing intra-scan variability [80]. Furthermore,
other than test-retest variabilities between measurements performed on different
days, variabilities between subsequently performed measurements could have been
present. In addition, Santos et al. (2019) [42] performed SW propagation speed
measurements with only one (non-clinical) echographic scanning system, but
inter-system variability should be limited for clinical diagnosis. Also, hemodynamic
variations could have caused variabilities in SW propagation speed measurements.
When patients undergo an echocardiographic exam, they may experience various
levels of psychologic and/or physiologic stress, potentially changing loading
conditions and thus affecting SW propagation speed measurements.
Reproducibility of Natural Shear Wave Measurements
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Table 4.1: Overview of the demographic characteristics of the study population. The characteristics are




Age [y] 29.8±6.2 24 – 45
Weight [kg] 67±9.5 55 – 90
Body length [m] 1.75±0.06 1.65±1.83
Body Mass Index (weight/body length [kg/m2]) 21.9±2.3 19.4±27.5
Heartrate in rest [bpm] 62±7 50 – 73
Systolic blood pressure in rest [mmHg] 106±13 90 – 138
Diastolic blood pressure in rest [mmHg] 62±9 50 – 81
Heartrate during handgrip test [bpm] 67±8 51 – 81
Systolic blood pressure during handgrip test [mmHg] 110±10 94 – 138
Diastolic blood pressure during handgrip test [mmHg] 67±9 52 – 85
∗ SD = standard deviation
To the best of our knowledge, our study is the first to simultaneously report on
inter-system, test-retest, inter-scan, intra-scan and inter-observer variabilities of
natural SW propagation speed measurements after AVC and MVC in healthy
volunteers and to report on the effect of stress causing hemodynamic variations. To
test inter-system variability, we directly compared the results obtained by using a
clinical system in a conventional TDI mode (Philips) with a second clinical system
with a customized high frame rate (HFR) mode, using a diverging-wave
pulse-inversion transmission scheme (Zonare).
4.2. MATERIALS AND METHODS
4.2.1. Study Population
The study included 10 volunteers aged 24 – 45 years, 5 males and 5 females. Table 4.1
presents an overview of the demographic characteristics of the volunteers. The study
was approved by the local medical ethics committee (Erasmus MC MEC-2014-611) and
all volunteers provided informed consent. The following exclusion criteria were used:
a history of cardiovascular disease, cardiovascular risk factors including hypertension
(cutoff value of 140/90 mmHg), being pregnant or being morbidly obese (body mass
index > 40 kg/m2).
4.2.2. Data Acquisition
An overview of the study design and the tested variabilities are presented in Figure
4.1. Measurements were performed with 2 echographic scanning systems. First, a
clinical system programmed by the manufacturer to have a HFR imaging mode
(Zonare ZS3, P4-1 C probe, Mindray Innovation Center, San Jose, CA, USA) was used.
Live B-mode images with a low frame rate (LFR) were used to position the probe.
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Figure 4.1: Schematic overview of the study design. The same measurements were performed during session
1 and session 2. Rest and handgrip test measurements were performed with the Zonare and the Philips
system. Inter-observer variability was tested for the Philips system only, and intra-scan variability was only
tested for the Zonare system.
Then a smaller box (approximately 5 x 7 cm) was selected within these LFR images for
the HFR acquisition. During these recordings, the LFR images were frozen on the
screen of the system and no live feedback was present. A diverging-wave pulse
inversion transmission sequence was used for the HFR acquisition, and beamformed
in-phase and quadrature components (IQ-based data) with a frame rate of 1000
frames/second during 1.2 s were saved for offline processing. In this way, at least a full
cardiac cycle was measured for a minimum heartrate of 50 bpm. The acquisitions
with this machine were carried out by a sonographer (D.J.B.). Second, acquisitions
were performed by a cardiologist (M.S.) with a clinical echographic scanner in
conventional TDI mode (Philips iE33, S5-1 probe, Philips, Bothell, WA, USA). To
obtain maximum frame rates, a balance between opening angle and depth of TDI
field was searched for, as described by Strachinaru et al. (2017) [89]. In this way frame
rates from 490 – 570 frames/second were realized. Simultaneously a
phonocardiogram (PCG) (Fukuda Denshi MA-300 HDS (V), Fukuda Denshi Co.,
Tokyo, Japan) was recorded, and the electrocardiographic signal was used as a trigger.
All data during 2 cardiac cycles were saved in Digital Imaging and Communications in
Medicine (DICOM) format for offline processing.
For every volunteer, first 5 long-axis parasternal view measurements, with
intermittent probe repositioning, were performed with the Zonare system. It was
ascertained that both aortic and mitral valves were in the image plane. Directly after
the measurements with the Zonare system, measurements were repeated with the
Philips system. Subsequently, the effect of physiologic stress causing hemodynamic
variations on the SW propagation speed measurements was tested by performing
handgrip tests. During the handgrip measurements, the volunteers were asked to
keep a stress ball continuously squeezed with their left hand. While volunteers kept
on squeezing, measurements were repeated with both machines. All measurements
were performed within 30 min per volunteer. Furthermore, to investigate test-retest














































































































Figure 4.2: Zonare: Example of an M-line drawn at (a) AVC and (d) MVC. The corresponding M-panels are
presented in (b) and (e), respectively. After applying a BPF, we applied a Radon transform to obtain the
propagation velocities as presented in (c) and (f ).
variability, all measurements were repeated per volunteer during a second scanning
session on a separate day. The time period between the first and second session for
the volunteers varied between 21 and 93 days.
4.2.3. Shear Wave Propagation Speed Analysis
The propagation speeds of the SWs induced by AVC and MVC were determined by
using different methods for the Zonare and Philips system. Although one method
applicable to the data of both systems could be searched for, we choose to use
different methods that were more suitable for the data format of the individual
systems.
Clinical System with Custom HFR Mode
Offline IQ-based data stored from the Zonare system were analyzed in Matlab R2017a
(MathWorks, Natick, MA, USA). To remove high frequency TDI information that was
for the most part corresponding to blood and noise, a sixth order lowpass Butterworth
filter with a cut-off frequency of 250 Hz was applied to the IQ data in slowtime. Axial
tissue velocities were obtained by using a one-lag autocorrelation technique [44]. To
reduce the effect of speckle and noise, a Gaussian spatial smoothing filter with a size
of 4 mm by 6.7◦ was applied to the autocorrelation frames before calculating the
phase [44, 64, 89]. The moments of AVC and MVC were visible in the B-mode images.
However, because the HFR box was relatively small, the aortic valves were not visible
in all recordings; but, they were visible in the LFR overview images captured in the
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seconds before and after the HFR recordings. Therefore, the moments of valve closure
in the HFR acquisitions were determined based on the movement of the mitral valves,
on the overall motion of the heart and on the derived TDI movies. For each recording,
an anatomic M-line was manually drawn on the basal-mid part of the IVS at the
moment of valve closure (Figure 4.2 a and d). Depending on the position of the IVS in
the field of view and on the visible propagation length of the SWs, the length of the
M-line varied between 1.9 – 4.1 cm (AVC) and 2.1 – 5.7 cm (MVC). Then, the axial
particle velocities over the M-line were assembled in a motion panel (M-panel) for a
period of 75 ms around the moment of valve closure. The SWs induced by AVC and
MVC are depicted as wave patterns propagating over slowtime along the M-lines in
the M-panels (Figure 4.2 b and e). The slope of these patterns represents the
propagation speed of these SWs. The AVC and MVC occur during the isovolumetric
relaxation and isovolumetric contraction phase, respectively, and therefore no gross
motion was assumed nor seen to be present. Nonetheless, a sixth order bandpass
Butterworth filter between 15 and 100 Hz was applied to the axial tissue velocities in
slowtime, because the SWs were observed to be in this frequency range. Therefore,
also any offset attributable to gross motion was removed. To obtain the propagation
speeds of the SWs induced by the various valve closures, the slope of the patterns
presented in the M-panels was determined by using a Radon transform [64, 65, 90]
(Figure 4.2 c and f). Before applying the Radon transform, the M-panels were first
resampled to have an equal number of pixels in space and time and then tapered in
both directions. Furthermore, the Radon domain was normalized, as described by Vos
et al. (2017) [64]. The minimum intensity, corresponding to the particle motion away
from the transducer, was selected in the Radon domain to determine the propagation
speed. As also reported in data regarding pigs [80], the location of the manually drawn
M-line was observed to affect the results. Therefore, to test intra-scan variability for
every recording, the M-lines were drawn 10 times. The location of these M-lines was
chosen based on the visibility of the SW propagation. When the SW propagation was
observed to be less reliable on the right and left ventricle sides of the IVS, M-lines
were drawn more to the middle. Analysis of the Zonare data was done by the
researcher who wrote the MATLAB analysis script (L.B.H.K.). Other than determining
the moments of valves closure and drawing the M-lines, the data analysis process was
fully automated. Because 10 M-lines were already drawn for every recording,
inter-observer variability testing was not considered meaningful for the Zonare
system.
For every volunteer 7 measurements were performed per session, leading to 140
measurements in total. SWs after AVC and MVC were tracked in 122/140 (87%) and
92/140 (66%) measurements, respectively. The main reasons to exclude recordings
from the measurements were a poor B-mode quality (approximately 5% of
measurements after AVC and/or MVC), or the IVS moving out of the field of view
(approximately 5%). Furthermore, acquisitions with no visible propagating SWs or
with propagation over only short distances (<1.8 cm [approximately 20%]) were
excluded. For 1 volunteer (volunteer 8), propagating SWs after MVC could not be seen
in any recording.
Reproducibility of Natural Shear Wave Measurements
4
41
Figure 4.3: Philips: Example of a measurement where SWs were tracked after AVC and MVC. The Philips
QLab8 software program shows (a) the TDI movie, (b) the M-panel and (c) the mean velocity curve.
Clinical System with Clinical HFR Mode
The Philips QLab8 software program (Bothell, WA, USA) was used for post-processing
of the Philips DICOM data as described elsewhere [89]. The method is repeated here
in brief. Because the depth and width of the TDI was minimized to obtain high frame
rates, valves were not visible in the measurements. Therefore, the moments of valve
closure were determined based on the PCG signals (onset of the heartsounds (S), S1
and S2) and the appearance of SWs in TDI (Figure 4.3). Although the moment of valve
closure could not visually be determined in the B-mode images, the onset of heart
sounds are well known to correspond to valve closure. Furthermore, natural SWs
induced by valve closure propagate from the aortic root to the apex [39, 64], unlike
electromechanical waves starting at midlevel of the IVS and propagating toward base
and apex [91]. Anatomic M-lines were manually drawn over the IVS, and the length of
these M-lines was defined based on the width of the TDI field of view. This length
ranged between 2 and 3 cm. Subsequently, an M-panel and a mean tissue velocity
curve were provided by the software (Figure 4.3). By viewing the pattern shown on the
M-panel (b), the tissue velocity curve (c) and the TDI movie (a) itself, the period
needed for the SW to propagate over the M-line was determined. Because data
analysis was not automated and the TDI data of the entire septum could be used as a
reference by viewing the TDI movies, the effect of M-line location was minimal.
Therefore, only 1 M-line was drawn per recording. The transition from positive to
negative TDI values of the SWs were tracked, because these were most visible to the
observer. Because the SWs were tracked visually, inter-observer variability was
considered as an important factor. Analysis of the Philips data was done by the same
researcher who analyzed the Zonare data (L.B.H.K). To test inter-observer variability,
data analysis of the Philips measurements was repeated by a cardiologist experienced
with the post-processing software (M.S.), blinded to earlier values.
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For the Philips system, SWs could be tracked after AVC in 365/474 (77%) and after
MVC in 71/474 (15%) recorded cardiac cycles. In this study we measured the SWs after
AVC and MVC in single recordings. TDI limits were chosen for the visualization of the
SWs after AVC, because these had our focus for the measurements. Lower TDI limits
might have been chosen when focusing on the SWs induced by MVC, because these
have lower magnitudes. Therefore, the transition from positive to negative TDI values
after MVC was not visible in many DICOM images, and we obtained a low feasibility
for the MVC measurements compared with the MVC data with this method [39].
Furthermore, values above 10 m/s were removed because they were assumed to be
non-physical, as was done by Vos et al. (2017) [64].
4.2.4. Statistics
Statistical analysis was done by using a statistical toolbox in MATLAB R2017a (Natick,
MA, USA). Kolmogorov- Smirnov tests were used to test for normal distributions.
Propagation speeds are presented as median values and interquartile ranges (IQR). To
compare our results with literature values, mean and standard deviations were also
reported. We observed that some volunteers were nervous when entering the
scanning room. To test whether all measurements in rest could be grouped, the first
and last of five rest measurements were compared. A Wilcoxon signed-rank test was
applied to the median values per recording for the Zonare data and to the individual
values per heart cycle for the Philips data. Also, a Bland-Altman analysis was used to
depict differences (mean differences, limits of agreement [LOA] and range). A similar
analysis was done to test the effect of the handgrip test and the test-retest and
inter-system variability. For the Zonare data, intra-scan variability was investigated by
computing the median of all IQRs of the values obtained per measurement for the 10
M-lines of all rest and stress measurements. The median value of the IQRs of the
median recording values was used to measure inter-scan variability.
4.3. RESULTS
4.3.1. Hemodynamic Characteristics
Average blood pressures of 106 ± 13 mmHg (systolic) and 62 ± 9 mmHg (diastolic)
were measured in rest, and average pressures of 110 ± 10 mmHg and 67 ± 9 mmHg
were measured during the handgrip test. The diastolic blood pressure was statistically
significantly different during the handgrip test (p = 0.0088) but the systolic blood
pressure was not (p = 0.077). Also the heart rate, measured with the electrocardiogram
(ECG) connected to the Philips system, was observed to increase significantly (p <
0.01) from 62 ± 7 bpm to 67 ± 8 bpm.

















































































Figure 4.4: Zonare: Median values and IQRs of the measurements in rest performed for (a) the AVC and
(b) the MVC. For every recording, 10 M-lines were drawn over the IVS. The IQRs depict the intra-scan
variabilities. Inter-scan variabilities (median values and IQRs) per volunteer for every session are depicted in
boxplots. Inter-scan variabilities were observed to be slightly higher than, but in similar ranges as, intra-scan
variabilities.
4.3.2. Clinical System with Custom HFR Mode
Figure 4.4 presents the results obtained for the 10 volunteers for the AVC and MVC,
respectively. The median values in rest ranged from 3.23 – 4.25 m/s for AVC and from
2.06 – 4.72 m/s for MVC. These median values were not normally distributed.
Furthermore, we cannot assume that all volunteers have the same SW propagation
speeds. Nevertheless, for comparison with other studies, the mean and standard
deviations of these median values were computed to be 3.8 ± 0.4 m/s (AVC) and 3.4 ±
1.0 m/s (MVC). Table 4.2 presents an overview of the statistical characteristics of all
measurements. For every measurement, 10 M-lines were drawn over the IVS. The
IQRs per measurement presented in Figure 4.4 thus represent the intra-scan
variabilities. For the AVC measurements in rest, a median value of 0.38 m/s (IQR: 0.26
– 0.68 m/s) was observed for all IQRs, for the MVC measurements in rest this was
observed to be 0.26 m/s (IQR: 0.15 – 0.46 m/s). The variations in median values per
recording per volunteer were used as measure for the inter-scan variability. The
median IQRs of median values in rest per volunteer per session were observed to be
0.67 m/s (IQR: 0.40 – 0.86 m/s) for the AVC and 0.61 m/s (IQR: 0.26 – 0.94 m/s) for the
MVC. To test whether all rest measurements could be grouped despite a possible
































































Figure 4.5: Zonare: Comparison of the median values and IQRs of the rest and stress measurements of
session 1 and session 2 per volunteer for (a) AVC and (b) MVC. Test-retest differences were observed to be
just significant for the MVC, but not for the AVC. No significant effect was observed for the handgrip test (rest
vs. stress).
and last rest measurement per volunteer for both sessions were compared (Figure 4.6
a and d). Average differences of -0.0017 m/s (LOA: -1.22 to 1.03 m/s) (AVC) and -0.10
m/s (LOA: -1.85 to 1.64 m/s) (MVC) were observed with a Bland-Altman analysis. No
statistically significant differences were observed (p = 0.90 for AVC and p = 0.53 for
MVC). Therefore, we grouped all rest measurement per volunteer per session to
compute the test-retest variability (Figure 4.5). Mean differences of -0.51 m/s (LOA:
-2.05 to 1.02 m/s) (AVC) and 0.37 m/s (LOA: -0.35 to 1.08 m/s) (MVC) were observed
for the test-retest variability of all measurements,(Figure 4.6 b and e). These
differences were observed to be just significant for the MVC (p = 0.047) but not for the
AVC (p = 0.13). We grouped both sessions before computing the inter-volunteer
variability. The median values of the rest measurements per volunteer were observed
to be in the ranges of 3.23 – 4.25 m/s and 2.06 – 4.72 m/s for the AVC and MVC,
respectively. Subsequently, rest and handgrip measurements are compared (Figure
4.6 c and f). Average differences of -0.33 m/s (LOA: -1.94 to 1.27 m/s) for the AVC
measurements and -0.072 m/s (LOA: -1.82 to 1.68 m/s) for the MVC measurements
were observed. These differences were not observed to be significant (p = 0.073 for
AVC and p =0.56 for MVC) (Figure 4.5).
4.3.3. Clinical System with Clinical HFR Mode
The propagation speeds obtained from the Philips data are presented in Figure 4.7.
Because the feasibility of the MVC measurements was low, no statistical tests were
performed on these few MVC measurements. Therefore, only the statistics of the AVC
measurements are described here. The median values in rest ranged from 1.82 – 4.76
m/s (Table 4.2). As done for the Zonare, mean and standard deviation was computed
for illustrative purposes (3.2 ± 0.9 m/s). A median value of the IQRs of the
propagation speed values in rest per session per volunteer of 0.71 m/s (IQR: 0.33 –
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Figure 4.6: Zonare: Bland-Altman analysis of the inter-scan variability, the test-retest variability and the
effect of the handgrip test for the AVC ((a), (b) and (c)) and MVC ((d), (e) and (f )). No significant differences
were found between the first and last rest measurement per volunteer per session. Test-retest differences
were found to be just significant for the MVC, but not for the AVC. No significant effect was found for the
handgrip test.
1.07 m/s) was observed, representing the inter-scan variability. It should be noted that
these values seem to be higher than the inter-scan variability values of the Zonare
data, where first median values over the 10 M-lines per scan were obtained before
computing inter-scan variability. As for the Zonare data, no statistically significant
difference was observed between the first and last rest measurement per volunteer
per session (p = 0.15). A Bland-Altman analysis showed a mean difference between
the first and last rest measurement of -0.36 m/s (LOA: -2.29 to 1.58 m/s) (Figure 4.8 a).
Therefore, all rest measurements were grouped for measuring the test-retest
variability. A mean difference of -0.19 m/s (LOA of -1.59 to 1.21 m/s) was observed,
which was not statistically significant (p = 0.28) (Figure 4.8 b). Therefore, as for the
Zonare data, the measurements in session 1 and session 2 were grouped to obtain
inter-volunteer variability ranges. The median rest values per volunteer were
observed to be in the range of 1.82 – 4.76 m/s. Also similar to the Zonare data, the
difference between rest and stress measurements was not observed to be significant
(p = 0.079). A mean difference of -0.39 m/s (LOA: -2.22 to 1.44 m/s) was observed.
Intra-scan variability was not tested for the Philips data, because only 1 M-line
curve and thus 1 propagation speed value was obtained per heart cycle with the
Philips system. Instead of intra-scan variability, inter-observer variability was
measured for the Philips data. The second observer computed propagation speeds
per volunteer per session averaged over 3 heart cycles. These propagation speeds
4
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Figure 4.7: Philips: Comparison of the median values and IQRs of the rest and stress measurements of
session 1 and session 2 per volunteer for (a) AVC and (b) MVC. No statistical tests were performed on the
MVC measurements because of a low feasibility. For the AVC measurements, no significant effects were
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Figure 4.8: Philips: Bland-Altman analysis of the inter-scan variability (a), the test-retest variability (b) and
the effect of the handgrip test (c) of the AVC measurements. No statistical tests were performed on the MVC
measurements because of a low feasibility. For the AVC measurements, the first and last rest measurement
per volunteer per session were not found to be statistically significantly different. Also no significant effect
was found for the handgrip test.
were compared with the median rest values obtained by the first observer. An average
difference of 0.11 m/s (LOA: -1.42 to 1.65 m/s) was observed (Figure 4.9), which was
not observed to be significant (p = 0.35). The feasibility of the MVC measurements
was higher for the second than for the first observer. Although the first observer
obtained propagation speeds in 7 sessions, the second observer obtained values for
14 sessions. Nonetheless, for consistency, no statistical tests were performed on the
MVC measurements analyzed by the second observer.
Reproducibility of Natural Shear Wave Measurements
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Figure 4.9: Philips: Bland-Altman analysis of the
inter-observer variability for the AVC measurements
per session. No statistically significant effect was
found.
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Figure 4.10: Zonare and Philips: Bland-Altman
analysis of the inter-system variability for the AVC
measurements per session. Statistically different
propagation speeds were obtained with the different
systems.
4.3.4. Comparison of the Systems
Because of the the low feasibility of the MVC measurements with the current settings
on the Philips system, only the AVC measurements of the Zonare and the Philips
system were compared. The difference in results obtained with the Zonare and the
Philips system was observed to be statistically significant (p = 0.044). The
Bland-Altman analysis shows a median bias of -0.43 m/s (LOA: -2.23 to 1.37 m/s),
indicating that we consistently measured a lower propagation speed with the Philips
system (Figure 4.10).
As suggested by others [42, 64], the difference and ratio of the propagation
speeds obtained for the AVC and MVC might be of clinical relevance because of
hemodynamics. Because of the low feasibility of the MVC measurements with the
Philips system, these ratios and differences were only computed for the Zonare
system (Figure 4.11). The median ratio and difference were observed to be 1.20 (IQR:
1.00 to 1.58) and 0.64 m/s (IQR: -0.019 to 1.50 m/s), respectively.
4.4. DISCUSSION
In this study, we tested the reproducibility of the propagation speeds of natural SWs
induced by AVC and MVC in 10 healthy volunteers. For the AVC measurements, no
statistically different propagation speeds were obtained on different days. Our results
suggest that the variabilities of natural SW propagation speed measurements in
healthy volunteers are dominated by measurement inaccuracies rather than mild
hemodynamic variations. Statistically, different propagation speeds after AVC were






































Figure 4.11: Zonare: Ratio (a) and difference (b) between propagation speeds obtained after AVC and after
MVC for all volunteers. Due to the low feasibility of the MVC measurements with the Philips system, only
the ratio’s and differences for the Zonare system are shown.
Measurement variations can have physiologic causes or can arise because of
measurement inaccuracies. Intra-scan variability is measured within individual
recordings, and, therefore, physiologic causes are assumed to be non-existing.
Inter-scan variabilities can also occur because of physiologic variations, and these
variations are expected to be even larger when comparing different sessions. We
observed inter-scan variabilities (Zonare: 0.67 m/s [IQR: 0.40 – 0.86 m/s] for AVC and
0.61 m/s [IQR: 0.26 – 0.94 m/s] for MVC) to be slightly higher than, but in similar
ranges as, intra-scan variabilities (Zonare: 0.38 m/s [IQR: 0.26 – 0.68 m/s] for AVC and
0.26 m/s [IQR: 0.15 – 0.46 m/s] for MVC). Moreover, test-retest variabilities were
observed to also be in similar ranges as inter-scan variabilities (Figures 4.6 and 4.8).
Therefore, our results suggest that the measurement variations were dominated by
several measurement inaccuracies, which are expected to have different causes. First,
we observed qualitatively that contrast in the B-mode images affected the results. For
recordings with a low visible contrast between tissue and blood, we experienced that
positioning the M-lines on the IVS was more challenging. This was especially
important for the Zonare system, where a diverging-wave transmission scheme was
used, and therefore B-mode contrast was sometimes limited because of clutter.
Furthermore, clutter could have affected the determination of tissue velocities.
Second, the SWs could only be tracked over the limited visible length of
approximately 3 cm of the IVS. An SW with a center frequency of, for example 50 Hz
[42] and a propagation speed of 3.5 m/s, has a wavelength of 7.0 cm. This means that
only a fraction of this wavelength can be tracked, which causes measurement
inaccuracy, increasing with propagation speed.
In a uniform shear wave phantom with ARF-push-induced shear waves,
Strachinaru et al. (2017) [89] obtained similar propagation speeds with a research
scanner as with the clinical Philips system. However, for the AVC measurements, we
obtained statistically different propagation speeds with the Philips system compared
with the Zonare system. As the measurements with the different systems were
Reproducibility of Natural Shear Wave Measurements
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performed within half an hour per session, the differences are expected to be mainly
attributable to the differences in data processing for the different systems. First, for
the Zonare measurements, a Radon transform was used to track the maximum
negative particle velocities, but for the Philips measurements, the onset of the wave,
as visible from positive to negative tissue velocities, was tracked. This means that
slightly different aspects of the SW pattern were tracked. In an animal model, we have
observed different propagation speeds as well when tracking different rims of the SWs
[80]. Second, although a frame rate of 1000 Hz was used for the Zonare, frame rates
varied between 490 and 570 Hz for the Philips system, and therefore the time
resolution differed by a factor of 2. This is expected to induce more uncertainties and
thus more variability [89], as observed in our study (Figures 4.5 and 4.7). Third, the
SWs were tracked automatically with the Radon transform for the Zonare system, and,
for the Philips system, visual feedback obtained from the M-panel, the tissue velocity
curve and the TDI movie was used to determine the propagation speeds. Therefore,
when comparing different studies, these methodologic aspects should also be taken
into account. Furthermore, the effect of using different systems and methods should
be studied also for pathologic hearts in more detail.
The advantage of using the Radon transform for the Zonare system is that data
analysis can be more automated. To minimize the effect of noise, we applied a lowpass
filter to the IQ data in slowtime. Furthermore, a Gaussian spatial smoothing filter was
applied to the autocorrelation frames. In addition, for every measurement 10 M-lines
were drawn over the IVS. Moreover, we interpolated the M-panels to a panel with an
equal number of pixels in space and time. We also normalized the Radon domain by
dividing it by the Radon transform of a panel with an equal number of pixels with only
unit values, to avoid an apparent bias [64]. To further reduce the effect of noise, the
performance of using a least-squares or high resolution Radon transform [92] could be
investigated in the future.
The potential hemodynamic variation attributable to psychologic stress related
to the examination was estimated by comparing the first and last rest measurement
within a session. No significant differences were observed. This indicates that, when
patients are nervous at the beginning of a scanning session, this does not strongly
affect these measurements, which is beneficial for the application of clinical
diagnosis. Nonetheless, it should be noted that the number of measurements in this
study was limited and thus not enough statistical power may be present to detect
small differences. Therefore, to investigate the effect of larger variations in
hemodynamics, a handgrip test was performed during the SW propagation speed
measurements. This test is not only relevant for the different levels of physiologic
stress patients may experience, but also because diastolic dysfunction patients might
show normal hemodynamic characteristics in rest, but have abnormal LV diastolic
pressures during exercise [10]. Although heart rate did increase significantly during
the handgrip test, the propagation speeds obtained during rest and the handgrip test
were not observed to be statistically different. It should be noted that for AVC we
observed p values only slightly above p = 0.05 (p = 0.073 and p = 0.079 for Zonare and
Philips, respectively). Possibly, the statistical power could be too limited to measure
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significant differences. For the AVC, we did find a mean increase in propagation speed
during stress of 0.33 m/s and 0.39 m/s with the Zonare and Philips system,
respectively (Figures 4.6 and 4.8). Nonetheless, the differences between the
measurements in rest and during the handgrip test are in the same range as the
inter-scan variabilities (Figures 4.6 and 4.8). This suggests that no extra variabilities
are induced because of the handgrip test. However, only low levels of stress causing
small hemodynamic changes are induced by handgrip tests. Although higher levels of
stress could be induced by using an exercise test, performing HFR acquisitions would
be more challenging. Whether the measurement of the natural SWs induced by AVC
and MVC is completely independent of loading conditions should be further
investigated in a study with higher statistical power.
Several studies have reported on the propagation speed of SWs in healthy
volunteers, as summarized in Table 4.3. Some studies used a long-axis parasternal
view, but Brekke et al. (2014) [44] used a 4-chamber apical view. However, the exact
effect of the imaging view on the measured propagation speed is currently unclear.
The propagation speeds obtained in this study for the SWs after AVC are in the same
range as the values measured in other human studies. Some studies used ARF to
induce SWs during diastole in healthy volunteers. However, these values cannot be
directly compared with the values obtained after closure of the valves, because the
timing of the measurements is different. MVC and AVC occur around the onset of
contraction and relaxation, respectively [93]. Other studies have shown stiffness
variation over the cardiac cycle in animals [55, 75, 94] and human [53, 62]. Couade et
al. (2011)[55] reported on an increase in shear modulus from approximately 5 kPa to
15 kPa in the first 50 ms after the R-peak in sheep, which corresponds to an increase in
propagation speed of approximately 70%. With the Zonare system, we observed in
general higher values after MVC than ARF-based studies at diastole.
Several authors have suggested that the difference and ratio of the propagation
speeds obtained after AVC and MVC are potentially more clinically relevant because
of hemodynamics [42, 64]. We observed a median difference of 0.60 m/s (IQR: -0.31 to
1.25 m/s) and a mean ratio of 1.21 (IQR: 0.93 – 1.46) with the Zonare system. However,
these values have relatively high variability, likely caused by the combined variability
of both the AVC and MVC measurements, which may reduce relevance for clinical
diagnosis. Nonetheless, Santos et al. (2019) [42] observed a mean difference of 0.4 ±
0.6 m/s and mean ratio of 1.1 ± 0.2, which is close to the values we obtained. Also,
Petrescu et al. (2019) [40] observed higher mean propagation speeds for AVC than for
MVC (3.48 ± 0.70 m/s vs. 3.07 ± 0.51 m/s) for healthy volunteers aged 20 – 39 years.
However, for older age groups, no statistical difference was observed between the
propagation speeds after AVC and MVC. In contrast, Strachinaru et al. (2019) [39]
observed higher propagation speeds for MVC than for AVC (4.68 ± 0.66 m/s vs. 3.51 ±
0.38 m/s) in healthy volunteers. What exact clinically relevant information can be
obtained from natural SW propagation speed measurements should be further
investigated.
Reproducibility of Natural Shear Wave Measurements
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Both systems have their own advantages and disadvantages to be used for
clinical diagnosis with SW propagation speed. The translation of using the clinical
Philips system and its clinical data analysis package to daily clinical practice takes less
time, which is a major advantage. However, the Zonare system saves IQ data rather
than DICOM data, providing the possibility to apply different tracking and filter
methods and to automate data analysis. Furthermore, with the Zonare system, a two
times higher frame rate is obtained, theoretically corresponding to lower
measurement variabilities. The higher feasibility of measuring the SWs after MVC and
AVC for the Zonare system is another important advantage. In addition, the
inter-volunteer range was observed to be smaller or similar, depending on the
observer, for the Zonare compared with the Philips system. However, ECG and PCG
could not yet be measured with the Zonare system in HFR mode. This practically
means that the moment of valve closure had to be determined visually and that
measurements could not be linked to a heartrate, because only one heartbeat was
recorded per movie. However, we expect that ECG and PCG could be implemented in
the HFR mode of the Zonare system in the future. Image quality was higher with the
Philips system, and TDI data were directly shown on the Philips system. This made it
easier to perform a more direct quality check of the recording than with the Zonare
system. However, when performing the measurements with the Philips system,
separate recordings should be made for the AVC and MVC measurements because the
TDI velocity scale needs optimization for either measurement. Strachinaru et al.
(2019) [39] showed much higher feasibilities for the MVC measurements (89% of 45
healthy volunteers) by using the same system but by performing separate recordings
for measuring the SWs after AVC and MVC. For the Zonare system, AVC and MVC
measurements can be performed simultaneously. As such, in this stage of
developments, both systems can be used as a research bridge to further clinical
translation of the technique.
For clinical diagnostic application, it is important to be able to show with a
certain amount of confidence significant differences between healthy volunteers and
a patient at risk. Our study suggests that measurement variabilities are dominated by
measurement inaccuracies. Therefore, by averaging over multiple heartbeats, the
standard error is expected to be minimized. The variabilities presented in this study
can be used to estimate the minimum amount of measurements needed for clinical
diagnosis, once the minimal difference in propagation speed between a patient at risk
and a healthy subject are suitably investigated. Considering that data processing is
done offline and that measurements can be performed subsequently, we estimate that
recording up to 10 heartbeats for averaging is feasible with respect to time and effort.
The ultimate goal is to measure the increased stiffness of the myocardium.
However, in this study, we only reported on linear propagation speeds. Because the
typical wavelength of the SWs measured (approximately 7 cm) is large compared with
the thickness of the IVS (approximately 1 cm), guided waves, rather than bulk shear
waves, are expected. Guided waves show dispersion even for purely elastic media,
and, thus, measured propagation speeds cannot be directly converted to shear
moduli. However, the resolution in the 2D Fourier domain was restricted because of
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the limited visible propagation length of the SWs, to measure dispersive effects. Xu et
al. (2018) [95] proposed a dispersive Radon transform. However, prior knowledge on
the theoretic dispersion curves of the induced modes is needed. Because the IVS is a
complex structure with respect to geometry and fiber orientation, we expect that the
dispersion curves of Lamb waves in plate structures are too simplistic. As such, the
relationship among geometry of the myocardium, propagation speed and early
diagnosis of cardiac dysfunction should be further investigated.
4.5. CONCLUSIONS
This study investigated the reproducibility of the measurement of propagation speeds
of SWs naturally induced by AVC and MVC in healthy volunteers. Propagation speeds
of 3.23 – 4.25 m/s (AVC) and 2.06 – 4.72 m/s (MVC) were obtained. Inter-scan
variabilities were slightly higher than intra-scan variabilities. For the AVC
measurements, no different propagation speeds were obtained after test-retest (p =
0.13). However, significantly different values were obtained with a second clinical
system (1.82 – 4.76 m/s for AVC), potentially caused by differences in measurement
methods. For this second system, inter-observer variability was tested and no
statistical differences were observed. Based on the results of this study, measurement
inaccuracies are expected to dominate measurement variations among healthy
volunteers. Thus, by averaging over multiple heartbeats, precision for the application
of clinical diagnosis can potentially be improved.
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∗ The p-value corresponds to a statistically significant difference (p<0.05). LOA =
limit of agreement Bland-Altman analysis (± 1.96 SD).
4
56 Chapter 4
Table 4.3: Overview of human shear wave elastography measurements described in the literature
Natural SWs
Study View Subject MVC AVC
Kanai (2005) [43] PLAX, IVS HV -
1 – 7 m/s
(10 – 90 Hz)
Brekke et al.




3.2 ± 0.6 m/s 3.5 ± 0.6 m/s
(2019) [42] (2.1 – 4.4 m/s) (2.2 – 4.5 m/s)
Petrescu et al.
PLAX, IVS
HV 3.54 ± 0.93 m/s 3.75 ± 0.76 m/s
(2019) [40] CA 6.33 ± 1.63 m/s 5.63 ± 1.13 m/s
PLAX, IVS
HV
4.65 ± 0.77 m/s 3.61 ± 0.46 m/s
Strachinaru et al. (3.25 – 6.50 m/s) (3.10 – 4.66 m/s)
(2019) [39]
HCM
6.88 ± 1.22 m/s 5.13 ± 0.68 m/s
(5.45 – 8.91 m/s) (3.75 – 6.94 m/s)
PLAX, IVS HV
Zonare 3.4 ± 1.0 m/s Zonare 3.8 ± 0.4 m/s
Keijzer et al. (2.06 – 4.72 m/s) (3.23 – 4.25 m/s)
(2019) [86]
-
Philips 3.2 ± 0.9 m/s
(1.82 – 4.76 m/s)
ARF based SWs
Study View Subject End-diastole End-systole
Song et al. PLAX, PSAX,
HV 1.29 – 1.96 m/s -
(2016) [87] LVFW, IVS
Villemain et al. PLAX, PSAX, HV 2.1 ± 1.30∗ m/s -
(2019) [63] IVS HCM 3.56 ± 1.71 ∗ m/s -
∗ Speed values c obtained by converting elasticity values E , using E = pc2 with a tissue
density of ρ of 1000 kg/m3). SWs = shear waves, CA = cardiac amyloidosis, HV =
healthy volunteer(s), HCM = hypertrophic cardiomyopathy, PLAX = parasternal long-
axis view, PSAX = parasternal short-axis view, AP4C = apical 4-chamber view, LVFW =
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Shear wave speed measurements can potentially be used to non-invasively measure
myocardial stiffness in order to assess myocardial function. Several studies showed the
feasibility of tracking natural mechanical waves induced by aortic valve closure in the
interventricular septum, but different echocardiographic views have been used. This
work systematically studied the wave propagation speeds measured in a parasternal
long-axis and in an apical 4-chamber view in ten healthy volunteers. The apical and
parasternal view are predominantly sensitive to longitudinal or transversal tissue
motion respectively, and could therefore, theoretically, measure the speed of different
wave modes. We found higher propagation speeds in apical than in parasternal view
(median of 5.1 m/s vs 3.8 m/s, p<0.01, n=9). The results in the different views were not
correlated (r=0.26, p=0.49), and an unexpectedly large variability among healthy
volunteers was found in apical view compared to the parasternal view (3.5 – 8.7 vs 3.2 –
4.3 m/s, respectively). Complementary finite element simulations of Lamb waves in an
elastic plate showed that different propagation speeds can be measured for different
particle motion components when different wave modes are induced simultaneously.
The in vivo results cannot be fully explained with the theory of Lamb wave modes.
Nonetheless, the results suggest that the parasternal long-axis view is a more suitable
candidate for clinical diagnosis due to the lower variability in wave speeds.




Heart failure affects around 1 – 2% of all adults in developed countries, and its
prevalence is even more than 10% for people aged above 70 years [2]. The clinical
course of heart failure is generally regarded as a consequence of structural and/or
functional cardiac changes. Currently, assessment of myocardial function primarily
relies on the echocardiographic measurement of cardiac volumes, flow and tissue
velocity [2, 10, 12]. However, these measurements suffer from load-dependency issues
and provide a rather indirect way of evaluating myocardial function. Myocardial
function could potentially be assessed more directly by evaluating cardiac stiffness
[11, 14], a measure of the intrinsic cellular composition and structure of the heart
muscle. At present, no non-invasive clinical routine method exists for measuring
myocardial stiffness.
A highly promising tool for assessing myocardial stiffness non-invasively is
ultrasound-based shear wave speed (WS) measurement [39, 40, 42, 63], in which the
WS is presumably linked to the myocardial elastic properties. Shear waves (SWs) in
the cardiac wall can be induced externally using a vibration device [51–53] or an
acoustic radiation force (ARF) [54–57, 63, 75, 87], or can occur naturally after aortic
valve closure (AVC), mitral valve closure (MVC) [39, 40, 42–44, 64, 88] and atrial
contraction [47–49]. The propagation of these SWs over the myocardium can be
measured using high frame rate Tissue Doppler Imaging (TDI) or Clutter Filter Wave
Imaging (CFWI) [45]. This work focuses on naturally induced SWs, which has the
advantages of easier implementation in current clinical echocardiographic systems
[89] and higher signal-to-noise ratios compared to externally induced SWs (TDI
amplitudes of ∼40 mm/s [64] for natural SWs versus ∼10 mm/s [55] for external SWs).
More specifically, we will focus only on SWs excited after AVC in the interventricular
septum (IVS), as we previously found a higher feasibility and lower inter-volunteer
variability for these SWs compared to those after MVC among healthy volunteers in
parasternal long-axis view [86].
Even though the feasibility of natural SW detection using TDI in humans has
been demonstrated, no consensus has been achieved regarding the preferred
echocardiographic view for natural SW measurements. A parasternal view was
reported by some studies [39, 40, 42, 43], whereas others used an apical view [44–46].
These different views depict a different component of particle motion in TDI, since
TDI is most sensitive to axial particle motion (motion along the ultrasound beam). In
a parasternal long-axis view, the IVS is oriented quasi-horizontally, resulting in
measurement of particle motion perpendicular to the IVS (transversal component). In
an apical 4-chamber view, the IVS is oriented vertically, and therefore mainly particle
motion parallel to the IVS is tracked (longitudinal component). An overview of
previously reported WS in both echocardiographic views together with relevant
specifications of each study is given in Table 5.1. This table shows that WS after AVC in
healthy volunteers were generally higher in apical than in parasternal view.
Furthermore, in general a larger inter-volunteer variability of WS between healthy
volunteers was found in apical view studies. The observed differences in WS between
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parasternal and apical view might be due to the different orientation of the particle
motion measured in both views, but it can also have other causes, such as
inter-volunteer variability [42] [86], and the use of different echocardiographic
systems [86] and data analysis methods [80]. Moreover, different sonographers might
select slightly different windows in a standard echocardiographic view, inducing extra
variabilities. Although this manuscript focusses on AVC, the effect of different views
considered in this study could also be relevant for the SWs after MVC and the
longitudinal wave-pattern after atrial contraction, since these different types of
natural SWs have similar spatial and temporal characteristics.
The induced wave mode determines the main component of particle motion and
should thus be taken into account when selecting a sonographic view for WS
measurements. As the name implies, shear WS measurements were originally
developed for assessing WS of bulk SWs dominated by transversal particle motion.
Our earlier studies of natural waves in the heart therefore assumed the measurement
of SWs dominated by transversal particle motion, ratifying the use of a parasternal
view [64] [89]. Furthermore, Kanai [43] measured in 2005 a similar WS when tracking
the transversal particle motion after AVC in parasternal view and the longitudinal
particle motion after AVC in apical view. Consequently a coupling between the two
directions of particle motion was assumed, representing one type of wave mode.
However, recent studies on natural SWs in both echocardiographic views report
different WS for both views (see Table 5.1). Therefore, we hypothesized that
transversal as well as longitudinal wave modes are induced by AVC simultaneously,
and that a transversal mode is mainly measured in parasternal view, while a
longitudinal mode is measured in apical view. To test this hypothesis, a systematic
study of SWs after AVC in apical and parasternal view is needed to minimize
measurement uncertainties. To the best of our knowledge, such a study has not been
performed yet.
The aim of the work presented here is thus to study the propagation speed of the
SWs induced by AVC measured in a parasternal long-axis view and in an apical
4-chamber view in ten healthy volunteers. In order to improve our understanding of
what we are actually measuring in both echocardiographic views, we performed
complementary finite element simulations of Lamb wave propagation in the IVS –
approached as an elastic plate immersed in liquid – while applying different forces
and therefore inducing different wave modes. Based on the WS measurements on
volunteers and simulation results, we will elaborate on possible theoretical
explanations of the wave phenomena measured and discuss on practical
considerations. The outcomes of this study are expected to be important for
determining the preferred view for robust and clinically meaningful natural WS
measurements.
Parasternal versus Apical View in Natural Shear Wave Measurements
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Table 5.1: Overview of the different human studies using the natural shear waves induced after aortic valve
closure. The following abbreviations are used in the table: HV: healthy volunteer(s); CA: cardiac amyloidosis
patient; WS: wave speed; AVC: aortic valve closure; HCM: hypertrophic cardiomyopathy, TDI: tissue doppler
imaging, CFWI: clutter filter wave imaging.
Study Subject WS after AVC
Parasternal View
Kanai, (2005) [43] HV (n=1) 1 – 7 m/s (10 – 90 Hz)
Santos et al., (2019) [42] HV (n=30)
3.5 ± 0.6 m/s
(2.2 – 4.5 m/s)
Petrescu et al., (2019) [40]
HV (n=46) 3.75 ± 0.76 m/s
CA (n=17) 5.63 ± 1.13 m/s
Strachinaru et al. (20019) [39]
HV (n=20)
3.61 ± 0.46 m/s
(3.10 – 4.66 m/s)
HCM (n=20)
5.13 ± 0.68 m/s
(3.75 – 6.94 m/s)
Keijzer et al., (2019)∗ [86] HV (n=10)
Zonare 3.8 ± 0.4 m/s
(3.23 – 4.25 m/s)
Philips 3.2 ± 0.9 m/s
(1.82 – 4.76 m/s)
This study HV (n=10)
3.7 ± 0.4 m/s
(3.2 – 4.3 m/s)
Apical View
Brekke et al., (2014) [44] HV (n=10) 5.41 ± 1.28 m/s
Santos et al., (2017) [46] 3D, HV (n=3)
4.2 ± 1.0 m/s
(3.0 – 5.4 m/s)
Salles et al., (2019) [45] HV (n=1)
TDI 5.12 ± 0.61 m/s
CFWI 5.37 ± 0.44 m/s
This study HV (n=10)
5.7 ± 1.8 m/s
(3.5 – 8.7 m/s)
∗ The same volunteers have been used as in the current study. Some measurements
have been repeated in order to have a complete data set with apical and parasternal
view recordings in all sessions for all volunteers.
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5.2. MATERIALS AND METHODS
5.2.1. Guided Waves in the Heart Wall
Elastic waves propagating in a medium that is bound in one or two directions such as
the IVS, successively reflect at these boundaries, causing conversion between
longitudinal waves and SWs. For a given frequency, only specific patterns of
longitudinal waves and SWs can propagate. These patterns are called guided wave
modes. Each propagating mode has a specific, frequency-dependent WS, which
makes these modes dispersive even in inviscid media (contrary to bulk waves). The
IVS has a thickness (6 – 10 mm) smaller than the wavelength of natural SWs (∼70 mm
[86]), and guided waves are expected [28, 68–72].
Guided waves propagating in a plate structure can be described by symmetric (S)
Lamb wave modes, anti-symmetric (A) Lamb wave modes and shear horizontal (SH)
modes. Depending on the type of source, frequency, medium thickness and material
properties, various wave modes might be induced [68]. We will not consider SH
modes, as the particle motion of these modes is along the plate surface perpendicular
to the propagation direction [68], and is therefore probably hard to detect in cardiac
parasternal and apical views. The A- and S-mode guided waves are characterized by
different dispersion curves, as described in [28, 68, 69]. S-modes are regularly referred
to as longitudinal, and A-modes as transversal SWs, because of the dominant particle
motion with respect to the propagation direction in the centerline of the medium.
Nevertheless, S-modes also include transversal particle motion, and A-modes also
include longitudinal particle motion [28]. The ratio of the particle motion
components of a specific mode is affected by the frequency of the SW and the
thickness of the medium, especially near the boundaries of the medium. We focus on
the zero-order S0- and A0-modes, since higher order modes have not been detected
yet in soft tissue plates [68].
Multiple studies on cardiac shear wave elastography used a theoretical Lamb
wave model to improve the accuracy of tissue characterization methods, but also to
extract additional information about certain material properties such as
viscoelasticity. In 2005, Kanai was the first to use an A0-Lamb wave model to convert
propagation speeds of SWs after AVC in humans into elastic and viscoelastic
properties of the myocardium [43]. However, Vos et al. (2017) only measured mild
dispersion for SWs after AVC and MVC in pigs and therefore found a poor match with
A0-Lamb wave modes [64]. This same model was used in studies using external
sources like an external shaker [51, 52, 71, 72], and ARF [70, 73]. However, it should be
noted that when using an ARF source in a parasternal long-axis view, the load is
directed perpendicular to the myocardium, inducing therefore mainly transversal
particle motion (and thus the A0-mode). On the contrary, for SWs induced by AVC, a
more complex particle motion pattern is probably induced at the valvular plane as a
consequence of the complex interaction between the valve leaflets, the abruptly
decelerating blood flow and the aortic valve annulus. Therefore, the nature of the
wave modes that are induced in natural SW measurements is unknown. Note that the







Figure 5.1: In parasternal long-axis
view, mainly transversal particle motion
is measured (left), while in apical
4-chamber view mainly longitudinal
particle motion is measured (right)
because of the angle dependency of
TDI. It could be expected that if an
A0-mode and a S0-mode are induced
by the AVC, the A0-mode dominated by
transversal motion is mainly measured
in parasternal view, while the S0-mode is
mainly measured in apical view.
Lamb wave model is inherently associated with various limitations, as it assumes a
homogeneous isotropic (visco)elastic plate submerged in fluid, while the
myocardium has a complex geometrical shape, irregular blood-tissue interfaces, and
other complex material properties such as muscular anisotropy. For example, several
studies have shown that fiber orientation affects WS measurements using ARF [66, 67,
97, 98]. However, natural SWs have a lower frequency content than externally induced
SWs, and therefore the effect of fiber orientation on natural SWs might be different
than that on ARF-induced SWs [98].
As described before, mainly longitudinal particle motion is measured in apical
view, while mainly transversal particle motion is measured in parasternal view.
Therefore, if both the A0- and S0-Lamb wave modes are induced by AVC, it is expected
that the A0-mode is mainly measured in parasternal view and the S0-mode in apical
view, as schematically shown in Figure 5.1. Nonetheless, to the best of our knowledge,
the S0-Lamb wave mode has not been used in other studies to describe the SWs
induced by AVC measured in apical view.
‘Shear wave elastography’ has become a generally accepted term for studies
measuring wave propagation speeds that are presumably linked to the elasticity of the
tissue. However, it should be noted that since we expect guided waves, the term ‘shear
wave’ might not be appropriate from a physics viewpoint to describe all phenomena
observed in this study. Therefore, we will use from this point in the manuscript, the
general terms ‘(mechanical) wave’ and ‘wave propagation speed’ (WS) to refer to
related wave phenomena.
5.2.2. Finite Element Simulations of Guided Waves
Since different wave modes will in general have different WS along an individual path,
we performed simulations to investigate what WS can be measured when different
wave modes coexist. We studied differences in transversal and longitudinal particle
motion and their propagation, as well as the influence of the excitation.
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Figure 5.2: Finite Element Simulations; Overview of the different excitations used in PZFlex to simulate the
wave propagation of guided waves in a plate structure submerged in water.
Model Set-up
Two-dimensional simulations of a homogeneous plate immersed in water were
performed in PZFlex (Thornton Tomasetti, Inc., Cupertino, CA), a software package
using the explicit Finite Element Method (FEM), to mimic guided wave propagation
in plane strain conditions. The plate (10 mm x 187 mm) was modeled as an elastic
material, with a bulk modulus of 22 MPa, a shear modulus of 16 kPa and a density of
1050 kg/m3. A shear modulus of 16 kPa corresponds to a shear WS of 4 m/s in an
elastic bulk material, which is in the reported range of WS after AVC (see Table 5.1). To
avoid reflections at the end of the plate, the length was longer than the maximum
length of the IVS (∼100 mm in humans) and the distance that a bulk SW has traveled
within a simulation time of 30 ms. Water surrounded the plate (total size of plate and
water: 30 mm x 207 mm, absorbing boundary conditions) and was modeled with a
bulk modulus of 22 MPa, zero shear modulus, and density of 1000 kg/m3. To reduce
simulation times, the bulk moduli used in the simulation are smaller than the actual
bulk moduli of tissue and water with a factor 100 [99]. This will only have a small
effect on the Poisson ratio of the medium, because the SW propagation speed c is still
very small compared to the longitudinal propagation speed cL (c << cL) [99, 100].
Therefore, its effect on the dispersion curves is expected to be small. Quadrilateral
elements were used and the element mesh size was chosen such that at least 48
elements fitted in one wavelength at 160 Hz. Mechanical waves were induced by using
three different excitations: (i) a transversal body force, (ii) a longitudinal body force,
and (iii) a transversal contact force, as depicted in Figure 5.2. For all excitations, a
Blackman Harris driving function (pulse of 3 half-cycles) was used with a center
frequency of 60 Hz (-6 dB bandwith: 30 – 95 Hz) or 160 Hz (-6 dB bandwith: 80 – 252
Hz) in separate simulations. To validate the simulated phase speeds with theoretical
dispersion curves within a 0 – 300 Hz frequency range, the results of the simulation
with the 160 Hz load was used in order to excite all frequencies within the selected
range. The loading with the lower center frequency of 60 Hz resembled the frequency
content of the natural waves in the IVS more realistically. Nonetheless, aim of the FEM
simulations is not to mimic the in vivo situation as accurate as possible, but, as
described before, to investigate different wave modes that coexist.
















































































































Figure 5.3: Finite Element Simulations; M-panels of transversal (top row) and longitudinal (bottom row)
particle motion for a frequency band from 15 – 100 Hz obtained in a finite element simulation for different
excitations on a plate submerged in water. An overview of the different excitations is given in Figure 5.2.
Data Analysis
The transversal and longitudinal particle motion, extracted along a horizontal line
through the middle of the plate (50 mm length), was determined and assembled in
two separate motion panels (M-panels), see the top and bottom row respectively in
Figure 5.3. These M-panels depict one-dimensional particle motion as a function of
space and time. To avoid a bias in the WS estimation, the axial velocities in the
M-panels were first resampled to have an equal number of pixels in space and time,
and were then mildly tapered along the edges of the M-panel in both directions.
Moreover, a 15 – 100 Hz bandpass filter (6th-order Butterworth) was applied on the
axial tissue velocity data. Subsequently, a normalized Radon transform was used to
determine the WS [21].
Phase speed values cp were obtained by first applying a 2D fast Fourier transform
to the unfiltered M-panels, yielding the particle motion as function of frequency and
wavenumber, and then by selecting the wavenumber k with maximum intensity in
the Fourier domain for each frequency f . Subsequently, the frequency-dependent
phase speed was computed by dividing the frequencies with the corresponding
wavenumber (cp = f /k). No bandpass filter was applied to the M-panels before
computing the phase speeds. The accuracy and correctness of the numerical phase
speed plots was visually verified by comparing them to the theoretical dispersion




5.2.3. Natural Wave Elastography Measurements
WS measurements in ten healthy volunteers were performed to compare the WS in a
parasternal long-axis view and in an apical 4-chamber view. Details of the study
population, data acquisition and analysis methods have been described previously
[86] and are summarized below.
Study Population
Ten volunteers aged between 24 and 45 years were included (5 males and 5 females).
The study was approved by the local medical ethics committee (Erasmus MC MEC-
2014-611) and all volunteers gave informed consent.
Data Acquisition
A clinical system programmed by the manufacturer to enable a high frame rate
imaging mode was used (Zonare ZS3, P4-1C probe, Mindray Innovation Center, San
Jose, California). For each acquisition, an experienced sonographer first utilized a live
B-mode with low frame rate (LFR) to position the probe in the correct
echocardiographic view. Subsequently, high frame rate (HFR; 1000 Hz) data was
recorded after selecting the correct field-of-view (FOV) on the LFR images. The
beamformed IQ data of a smaller FOV (approximately 5 x 7 cm, sector width of 55◦)
for 1.2 s in parasternal view and of the full FOV for 2 s in apical view was saved for
offline processing. During HFR recording, the live LFR B-mode was frozen. The HFR
mode employed a diverging wave pulse-inversion transmission sequence for imaging,
with 250 µs in between the two consecutive pulses of each frame. Gaussian-tapered
sinusoidal pulses of 7-cycles with a center frequency of 1.8 MHz were transmitted,
with a mechanical index below 0.25. For every volunteer, five parasternal long-axis
view HFR measurements were performed subsequently, while repositioning the probe
in between the recordings. Also, one single HFR apical 4-chamber view measurement
(sector width of 84◦) was performed within 30 minutes after the parasternal view
measurements. Depending on the heart rate of the volunteers, one or two AVC events
were measured within each recording. For every volunteer, all measurements were
repeated after 21 – 182 days during a second scanning session. For volunteer 1 – 4, five
instead of one apical view measurements were recorded in the second scanning
session to test repeatability.
Data Analysis
Data analysis was performed in Matlab R2017a (The Mathworks, Natick, MA, USA). A
250 Hz lowpass filter was applied to the IQ data in slowtime (cutoff value of 5.2 cm/s,
6th-order Butterworth), to remove high frequency TDI signal mainly arising from
blood and noise. A one-lag autocorrelation technique was used to obtain axial tissue
velocities [44]. Before computing the phase [44], the effect of speckle and noise was
reduced with a spatial smoothing filter of 4 mm by 6.7◦. The moment of AVC was
determined based on the movements of the aortic and mitral valve and the overall
motion of the heart in the derived TDI movies. In the frame at the moment of AVC, an
Parasternal versus Apical View in Natural Shear Wave Measurements
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Figure 5.4: Example of an M-line drawn in a parasternal (a) and apical view (d) measurement and the
corresponding velocity panels ((b) and (e)). A bandpass filter from 15 – 100 Hz was applied and a Radon
transform was used to determine the propagation speeds ((c) and (f )). Abbreviations: LV: left ventricle, Ao:
aorta, RV: right ventricle, BPF: bandpass filter, slowtime: time between frames.
anatomical M-line was manually drawn on the basal-mid ventricular part of the IVS,
as shown in Figure 5.4 a and d for parasternal and apical view respectively. The
location and length of these M-lines depended on the visibility of the wave
propagation. The length of the M-lines drawn varied between 1.9 – 4.1 cm
(parasternal view) and 2.5 – 5.8 cm (apical view). Since M-line location can affect the
propagation speed measured [80] and since M-lines were drawn manually, variability
was taken into account by drawing 10 M-lines per acquisition. M-panels showing the
axial tissue velocity of an M-line over time, were used to visualize and quantify the
wave propagation, see Figure 5.4 b and e. As previously described for the FEM
simulations, M-panels were first resampled and mildly tapered before applying a
normalized Radon transform to determine the WS. A 15 – 100 Hz bandpass filter
(6th-order Butterworth) was applied on the axial tissue velocity data, since the waves
after AVC were found to be in this frequency range [42]. For the parasternal view
measurements, the minimum intensity corresponding to the particle motion away
from the transducer was selected in the Radon domain. For the apical view
measurements, the maximum intensity of the Radon transform was selected to
determine WS, see Figure 5.4 c and f. These extrema were most representative for the














































Figure 5.5: Finite Element Simulations;
Phase speed plots obtained for the
transversal and longitudinal particle
motion of the M-panels from Figure
5.3. Different types of forces are used;
a transversal body force (TBF), a
longitudinal body force (LBF) and a
transversal contact force (TCF). Also
theoretical dispersion curves for a
non-stretched inviscid plate submerged
in water with a shear modulus of 16 kPa,
a density of 1050 kg/m3 and a thickness
of 10 mm [32] are depicted in the figure.
5.2.4. Statistics
The statistical toolbox in Matlab was used for the statistical analysis. The data were
tested for being normally distributed by applying Kolmogorov-Smirnov tests. Since
the data was not normally distributed, a non-parametric Wilcoxon signed-rank test
was used to test whether measured differences are statistically different. A
Bland-Altman analysis was performed to compare the WS for the two views by mean
differences, limits of agreements (LOA) and range. Correlations were determined by
computing linear correlation coefficients (Pearson) and by performing linear
regressions. To compare our values with those in literature, we computed the mean
and standard deviation of the median values obtained per volunteer.
5.3. RESULTS
5.3.1. Simulation Results
Figure 5.3 shows the simulation M-panels obtained for the transversal and
longitudinal body force, and the transversal contact force, all with a center frequency
of 160 Hz. Its resulting phase speed plots are visualized in Figure 5.5, and correspond
well with the theoretical dispersion curves of the A- and S-modes for a inviscid plate
submerged in water as described by [69]. For the transversal body force (Figure 5.3 a),
phase speed plots of A0 were found in the lower frequency range for both particle
motion components, as can be expected from the predominantly transversal motion
in such A0-mode. For higher frequencies, a higher order A1-mode was found to be
dominant for longitudinal particle motion, whereas this was still the A0-mode for
transversal particle motion. The M-panels in Figure 5.3 show similar WS for both
transversal and longitudinal particle motion even though the magnitude of the
transversal particle velocities was larger (ratio of 20.2 for transversal versus
longitudinal motion). This indicates that a single wave mode was present. For the
longitudinal body force (Figure 5.3 b), phase speed plots of S0 were found for both
particle motion components, as can be expected from the predominantly
longitudinal motion in such S0-mode. Accordingly, similar WS were found for the
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Figure 5.6: Overview of
the median propagation
speeds and their inter-
quartile ranges obtained in
parasternal and apical view.
M-panels in Figure 5.3 b, indicating the presence of one wave mode. A longitudinal
body force led indeed to larger particle velocities in the longitudinal direction (ratio of
0.07 for transversal versus longitudinal motion). For the simulations of the contact
force (Figure 5.3 c), a phase speed plot similar to the theoretical A0-mode was found
for the transversal particle motion, while a phase speed plot similar to the theoretical
dispersion curve of the S0-mode was found for the longitudinal particle motion.
Hence, different WS were obtained for the M-panels in Figure 5.3 c for the
longitudinal and transversal particle motion. This suggests that different wave modes
are simultaneously present. In this case, the transversal particle velocities were found
to be larger, but in the same order as in the longitudinal direction (ratio of 3.7 for
transversal versus longitudinal motion).
When using a center frequency of 60 Hz (data not shown), similar phase speed
plots were obtained. However, for the contact force, the difference in transversal and
longitudinal particle velocities was found to be clearly larger (ratio of 11.7). This
shows that depending on the source, different modes may be excited or the relative
amplitudes of different modes may differ. Furthermore, the results show that when
the particle motion in both directions is dominated by the A0-mode for a frequency
band of 15 – 100 Hz, the particle motion is largest in transversal direction. The
contrary holds for the S0-mode. Translating these results to cardiac valve closure, they
indicate that depending on the wave modes induced by the valve closure, different WS
values can be found for the transversal and longitudinal particle motion.
Furthermore, the ratio of tissue motion amplitudes in both directions can be an
indicator for the wave modes induced.
5.3.2. Experimental Results
Figure 5.6 shows the median WS and inter-quartile ranges (IQR) obtained for the
measurements in human in parasternal and apical view. The median SWS varied
between 3.2 – 4.3 m/s for parasternal view and 3.5 – 8.7 m/s for apical view. It should
be noted again that the number of measurements performed in the two views
















































Figure 5.7: (a) Bland-Altman analysis of the median propagation speeds obtained per volunteer for the
velocity panels. (b) No correlation was found between the propagation speeds obtained in apical and
parasternal view.
varied depending on the heartrate of the volunteer. Moreover, recordings with a poor
B-mode quality or with no visible propagating waves were excluded (13% of
acquisitions). This resulted in a different total number of WS estimations for both
views: n=490 for apical and n=970 for parasternal view. Propagation speeds above 10
m/s were assumed to be non-physical and were therefore excluded (apical exclusion:
14%, 68/490; parasternal exclusion: 0%, 0/970). For volunteer 9, no visible
propagating wave with a speed below 10 m/s was measured in apical view.
An overview of the statistical results is shown in Table 5.2. As a first major result,
for all sessions and all volunteers, we obtained higher median WS in apical than in
parasternal view. A mean difference of -2.0 m/s was found (Bland-Altman analysis,
LOA: -5.3 – 1.4 m/s, range: -4.7 – 0.76 m/s), see Figure 5.7 a. The differences were
found to be statistically significant (Wilcoxon signed-rank test, n=9, p<0.01). We found
a median for the median WS per volunteer per session of 3.8 m/s (n=10, range: 3.2 – 4.3
m/s) and 5.1 m/s (n=9, range: 3.5 – 8.7 m/s) in parasternal and apical view respectively.
As a second major result, no correlation was found between the WS in the two
views (r=0.26, p=0.49), see Figure 5.7 b. Moreover, Figure 5.7 a shows that the
difference in WS in general increases with the mean WS of the parasternal and apical
view. Such trend in a Bland-Altman plot indicates again that the two measured
variables have low correlation, as was seen with the correlation test, and/or that either
has a high variance. To further investigate the differences in WS among the two views,
the difference correlated to the WS in apical view (r=-0.98, p<0.01) and not to the WS
in parasternal view (r=-0.056, p=0.89). When combining these statistical observations,
we conclude that the differences between the two views are mainly caused by the
inter-volunteer variance of the apical view measurements, and not of the parasternal
view measurements. As described in the Materials and Methods section, five instead
of one apical view measurements were recorded for volunteers 1 to 4 in the second
scanning session. Figure 5.6 shows that the results obtained in the second session in
Parasternal versus Apical View in Natural Shear Wave Measurements
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Table 5.2: Overview of the statistical characteristics of this study. Values denoted with an asterisk (∗) are






Wilcoxon signed-rank test on
median propagation speeds per




parasternal - apical view per
volunteer
Mean: -2.0 m/s
LOA: -5.3 – 1.4 m/s
Range: -4.7 – 0.76 m/s
Linear correlation of medians in
apical and parasternal view
r=0.26, p=0.49
Linear correlation of differences
in medians of the 2 views with
the median in parasternal view
r=-0.056, p=0.89
Linear correlation of differences
in medians of the 2 views with














IQR: 4.5 – 7.2
m/s
IQR: 3.4 – 4.0
m/s
Range: 3.5 – 8.7
m/s





Wilcoxon signed-rank test on
median propagation speeds per
volunteer measured in session 1
and session 2
p=0.31, n=8 p=0.43, n=10
Bland-Altman: median
propagation speeds per volunteer
measured in session 1 – session 2
Mean: -0.61 m/s Mean: 0.20 m/s
LOA: -3.4 – 2.2
m/s








Linear correlation of angle
between M-line and axial
direction and propagation speed
r=-0.06, p=0.2 r=0.34∗, p<0.01
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Figure 5.8: (a) A weak positive correlation was found between the propagation speed values measured in
parasternal view with more horizontally aligned M-lines. (b) No correlation between propagation speed
values measured in apical view and this angle was found.
apical view for these volunteers are within the IQR of the corresponding results in the
first session. This suggests that the inter-scan variability in apical view is small
compared to the intra-scan variability. Test-retest variability was tested by comparing
the median values per volunteer per session. No statistically significant differences
were found in apical view (Wilcoxon signed-rank test, n=8, p=0.31) and parasternal
view (Wilcoxon signed-rank test, n=10, p=0.43) between the sessions. The mean
differences were found to be -0.61 m/s (Bland-Altman analysis, LOA: -3.4 – 2.2 m/s,
range: -3.8 – 0.74 m/s) and 0.20 m/s (Bland-Altman analysis, LOA: -1.8 – 2.2 m/s,
range: -1.8 – 2.1 m/s) for the apical and parasternal view respectively.
Although the parasternal and apical views were chosen to approximate a
respectively horizontal and vertical orientation of the IVS, variations in IVS angular
orientation still occurred between acquisitions. This angular orientation was taken
into account by manually drawing M-lines that are aligned with the orientation of the
IVS. This way, the wave propagation was measured along the global orientation of the
IVS. However, since the one-lag autocorrelation method is sensitive to axial tissue
motion only, the tracking in the respective views could neither be attributed to purely
longitudinal nor purely transversal particle motion in the IVS. By measuring the
absolute angle |θ| between the M-line and ultrasound beam direction at the center of
the M-line, the effect of M-line orientation with respect to the probe was tested in
Figure 5.8. For the parasternal view measurements, a weak correlation between the
WS and angle was found (r=0.34, p<0.01). The WS values were found to increase with
increasing angle between M-line and axial directions. For the apical view
measurements, no significant correlation was found (r=-0.06, p=0.2). Although this
could be partly explained by the limited number of WS values obtained in apical view,
also no trend in WS with respect to |θ| is visible in Figure 5.8 b.





The propagation speeds of the natural mechanical waves induced after aortic valve
closure measured in apical and parasternal view in ten healthy volunteers were
compared in this study. This study has three main findings. First, the WS measured in
apical view were found to be statistically higher than in parasternal view (median
(IQR) of 5.1 m/s (4.5 – 7.2 m/s) vs 3.8 m/s (3.4 – 4.0 m/s), p<0.01, n=9). Although these
values are in the same range as literature values (mean ± standard deviation,
parasternal: 3.7 ± 0.4 m/s, apical: 5.7 ± 1.8 m/s, see Table 5.1), they contradict the
statement by Kanai (2005) that the propagation speeds measured in parasternal and
apical view are similar. Second, no correlation was found between the WS measured
in the two views (r=0.26, p=0.49). Third, an unexpectedly large inter-volunteer
variability among healthy volunteers was found in apical view (3.5 – 8.7 m/s) versus
parasternal view (3.2 – 4.3 m/s).
5.4.2. Relation with Lamb Waves
Our hypothesis posed in the introduction was that both A0- and S0-mode Lamb waves
were excited, but that only one could be measured in each view. We measured
statistically higher WS in apical than in parasternal view, which would support the
hypothesis. Since one wave mode cannot have different WS along the same
propagation path for the same frequency components, measuring two different WS in
the two views suggests that different wave modes are measured. Furthermore, the
simulations show that if one single wave mode is induced, similar WS are obtained; if
different wave modes are induced simultaneously, different WS can be measured for
the different particle-motion components. However, both modes would depend on
the same material constants and would thus be related, but we did not find a linear
correlation between the WS obtained in both views (r=0.26, p=0.49), suggesting that
these measurements cannot be explained by a conventional Lamb wave model.
Since both A0- and S0-modes include transversal as well as longitudinal tissue
motion, also a combination of different wave modes could have been measured. To
what extent the different wave modes are measured in the different views could
depend on the exact imaging plane, image quality, volunteer and the induced
respective wave amplitudes. As an illustration, if a dominating A-wave is induced, the
corresponding longitudinal tissue motion could interfere with the longitudinal tissue
motion corresponding to an inferior S-wave being excited simultaneously. If the ratio
of these waves differs per individual, this could have caused the variations in WS
among the healthy volunteers. A smaller inter-volunteer variability was found for
parasternal view (3.2 – 4.3 m/s) than for apical view (3.5 – 8.7 m/s), which could
suggest that the measurements in parasternal view are less affected by the
interference of different wave modes, possibly due to the presence of a dominating
transversal wave mode, which might loosely be called the ‘shear wave’.
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Furthermore, in additional simulations (data not shown) we found that the exact
orientation of tracking direction with respect to the wave propagation direction has
an effect if the amplitudes of the wave modes differ significantly. In fact, while
simulating a high-amplitude A0 and low-amplitude S0, the tracked propagation speed
of the S0 was strongly reduced by a minor change of rotation of the tissue. Based on
these simulations one could expect lower WS in measurements with a more
horizontal IVS (cf. Figure 5.8 a; 90 degrees indicates a horizontal M-line) if both A0-
and S0-waves are induced. This is contradicted by our experimental results: we found
a weak positive linear correlation between the WS and angle in parasternal view, and
no correlation in apical view (see Figure 5.8). Therefore, the results of this study do
not support the above hypotheses of either single or a superposition of pure Lamb
waves. For this reason, we refrain from converting WS to physical quantities of
myocardial stiffness in this study.
5.4.3. Apical View Measurements
In principle, other phenomena might have caused the unexpectedly large
inter-volunteer variability in apical view (3.5 – 8.7 m/s) vs. parasternal view (3.2 – 4.3
m/s). A possible cause is the variability in image plane in apical view. In an apical
4-chamber view, the aortic valve – source of wave excitation – is not in the imaging
plane, and possibly therefore measuring waves after AVC is more challenging. This
also gives the sonographer more freedom when selecting the image plane, possibly
causing extra variability. By using an apical 3-chamber view, the same plane would be
imaged as in a parasternal long-axis view. However, we experienced difficulties in
obtaining an acoustic window with a vertically oriented IVS in an apical 3-chamber
view due to limited acoustic access for the first few volunteers and therefore decided
to only record apical 4-chamber views to improve feasibility and repeatability of the
acoustic window among the volunteers. Furthermore, other apical studies of the
natural waves after AVC in literature also used the 4-chamber view [44, 45]. The
impact of the selected apical view needs further investigation, for which a larger study
population is better suited to cope with a larger fraction of unmeasurable 3-chamber
views.
The used Lamb-wave model assumes a fluid-immersed elastic plate which might
be too simplistic for the viscoelastic hyperelastic anisotropic IVS in vivo [101].
Furthermore, the apical view measurements track different tissue motion
components with respect to fiber orientation. This suggests that apical WS
measurements might provide additional information about the heart’s mechanical
properties, next to parasternal WS measurements. However, this statement should
still be proven in future physiologic studies.
5.4.4. Study Limitations
The parasternal wave measurements were repeated five times per volunteer per
session, whereas there was only one measurement for the apical wave recordings.
Parasternal versus Apical View in Natural Shear Wave Measurements
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Figure 5.9: Propagation of the waves after AVC in parasternal (a, c) and apical (b, d) view. Velocity Tissue
Doppler values (a, b) as well as acceleration Tissue Doppler values after applying a bandpass filter (c, d) are
shown in the figure. White and pink arrows depict the propagation of the waves. No clear propagating wave
is seen in apical view when using the tissue velocity values, in contrast to when using acceleration values.
Despite this limited number of apical view measurements, only one volunteer showed
a remarkable disagreement in apical view for the different sessions (volunteer 6 in
Figure 5.6), possibly due to the different location of the IVS in the field of view. The
other volunteers showed a fair agreement between the apical sessions. Furthermore,
for the first four volunteers, we also recorded five measurements in apical view in the
second session. Compared to the intra-scan variability, no large inter-scan variability
was found, thus validating our approach to only record one single clip in apical view
for most volunteers. These observations show that the measurements in apical view
are at least repeatable.
Literature [40, 42, 80] also reports the use of tissue acceleration panels instead of
tissue velocity panels, which allows an easier detection of a ‘wave pattern’
propagating over the IVS (see lower two rows of Figure 5.9) as slower motion (such as
cardiac rotation or translation as the heart starts to relax) is suppressed. However,
when using acceleration panels in our study, different WS were obtained than when
using tissue velocities, confirming observations in [89]. Additionally, we obtained
more WS values above 10 m/s, which were assumed to be non-physical (apical view:
31% vs 14%; parasternal view: 1% vs 0% excluded). Therefore, we used tissue
5
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velocities instead of tissue accelerations in the current study to investigate the
differences measured in parasternal and apical view.
5.4.5. Clinical Application
For the application in clinical diagnosis, significant differences between WS
estimations after AVC in healthy and diseased myocardium should be measured. First
clinical studies of natural mechanical waves after AVC in parasternal view obtained
higher WS values for cardiac amyloidosis and hypertrophic patients [39, 40]. To the
best of our knowledge, no clinical studies using WS measurements after AVC in apical
view have been published yet. This work showed a lower inter-volunteer variability in
parasternal view (3.2 – 4.3 m/s in parasternal view vs 3.5 – 8.7 m/s in apical view),
which is an advantage for a more robust clinical diagnosis. However, the cause of the
observed high inter-volunteer variability in apical view should still be further
investigated, preferably while taking an apical 4-chamber and 3-chamber view into
account. 3D acquisitions with a high temporal and spatial resolution in order to
measure different tissue motion components, and simultaneously measure the
propagation direction would be beneficial for this purpose. Since higher WS,
corresponding to larger wavelengths for the same frequency, can be tracked less
accurate due to the limited IVS length and limited frame rate [89], it is an advantage
for accuracy and precision to measure lower normal WS for healthy volunteers in
parasternal view. Therefore, our results in combination with initial proof of clinical
relevance suggest that parasternal WS measurements are currently favorable for
robust clinical diagnosis. However, parasternal and apical view measurements might
contain additional information about myocardial material properties, which could
potentially improve current disease diagnosis. Further work should thus investigate
the clinical added value of apical WS.
5.5. CONCLUSION
This study compared the propagation speeds of natural mechanical waves after AVC
in apical and parasternal view in ten healthy volunteers. Significantly higher
propagation speeds were obtained in apical than in parasternal view (median (IQR) of
5.1 m/s (4.5 – 7.2 m/s) vs 3.8 m/s (3.4 – 4.0 m/s), p<0.01, n=9). The propagation speeds
in the different views were not correlated (r=0.26, p=0.49). Furthermore, an
unexpectedly large inter-volunteer variability among healthy volunteers was found in
apical view (3.5 – 8.7 vs 3.2 – 4.3 m/s in parasternal view). According to our statistics,
the theory of Lamb waves alone cannot explain the differences in propagation speeds
measured in the two views. However, the parasternal long-axis view seems to be
preferred in future clinical diagnosis, as this view resulted in lower inter-volunteer
variabilities and has been earlier shown to relate to several diseases.
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Shear wave elastography (SWE) might allow non-invasive assessment of cardiac
stiffness by relating shear wave propagation speed to material properties. However,
after aortic valve closure, when natural shear waves occur in the septal wall, the
stiffness of the muscle decreases significantly, and the effects of such temporal variation
of medium properties on shear wave propagation have not been investigated yet. The
goal of this work is to fundamentally investigate these effects. To this aim, qualitative
results were first obtained experimentally using a mechanical setup, and were then
combined with quantitative results from finite difference simulations. The results show
that the amplitude and period of the waves increase, during propagation,
proportionally to the relaxation of the medium, and that reflected waves can originate
from the temporal stiffness variation. These general results, applied to literature data
on cardiac stiffness throughout the heart cycle, predict as a major effect a period
increase of 20% in waves propagating during a healthy diastolic phase, whereas only a
10% increase would result from the impaired relaxation of an infarcted heart.
Therefore, cardiac relaxation can affect the propagation of waves used for SWE
measurements and might even provide direct information on the correct relaxation of a
heart.




Cardiac diseases are a major cause of death in developed countries. Early diagnoses
might help prevent the development of life-threatening conditions by detecting signs
of deterioration before cardiac functionality becomes compromised. Such diagnoses
may be obtained by monitoring the stiffness of the cardiac muscle, which has been
observed to correlate with the health condition of the heart [20, 49, 103]. In order to
monitor the material properties of the heart, however, non-invasive techniques must
be employed, as invasive measurements are highly uncomfortable and potentially
harmful for patients.
Shear Wave Elastography (SWE) exploits wave propagation phenomena to explore
the elastic properties of a material, and it has already been proven to be a viable tool in
clinical applications [104–107]. Its application to cardiac settings, however, is hindered
by a challenge intrinsic to the functioning of the heart: the heart cycle.
As the heart performs its pumping function, its stiffness increases and decreases
cyclically to allow for the heart chambers to fill with blood and expel it. Aortic valve
closure, which provides one of the sources of waves that can be employed for cardiac
SWE [40, 42, 64, 80, 89, 108], takes place at the beginning of the isovolumic relaxation
of the muscle; due to the muscle relaxation, the waves generated at this time could
experience a change in propagation speed of ≈15% in just 10 ms (estimated based on
the stiffness variation measured in isolated perfused rabbit hearts [109]). While SWE
performed on waves naturally occurring in the heart could be more precisely called
"natural" SWE, we will refer to it simply as SWE, because the phenomena involved are
similar to those of shear waves from non-natural sources (e.g. acoustic radiation force
pushes).
Several models are employed in literature to describe the mechanical properties
of the cardiac tissue [26, 110–112], however, to the best of our knowledge, all the
models employed for elastography assume the mechanical properties of the medium
to be constant or, at most, slowly varying [43] in the timescales of the propagating
wave. This assumption may hold true for mechanically inactive organs, yet its validity
is questionable in the context of SWE measurements performed during diastolic
relaxation.
In fact, the existence of measurable effects of time-varying medium properties
on propagating waves has already been established in the field of electromagnetism,
with theoretical descriptions of media changing smoothly or instantaneously
[113–120]. These studies predict that a wave that propagates at varying speed (i.e. in a
medium with temporally varying dielectric or magnetic constant) is subjected to a
variation in amplitude and oscillation period; additionally, reflected waves are
generated at time-discontinuities of the medium, similarly to what happens at the
spatial interface of two media. Experimental studies [113, 121] confirmed the
predictions regarding amplitude and frequency changes by observing magnetic waves
propagating in media subjected to an externally modulated magnetic field. To the
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an open question whether these effects are present also in elastic waves, and whether
they should be taken into account while performing cardiac elastography.
The goal of the present study is to observe and describe the effects that a
temporally varying propagation speed has on mechanical waves, in order to assess
their relevance to shear wave elastography of the heart. While a live heart itself could
be in principle used as a medium to perform these studies, it would be impractical,
since its complicated geometry and material properties would make it hard to reliably
isolate and identify the specific effects of temporal variations. For this reason, we have
chosen to model a simplified setting in which speed variations represent the only
complication to 1D wave propagation. We have developed an experimental setup
consisting of rotating metal rods suspended by nylon wires (a wave machine), in
which the tension can be controlled in real time to alter propagation speed. The
rotational displacement of the rods can then travel through the setup as a 1D
torsional wave with varying speed. Moreover, we developed finite difference
simulations that describe these phenomena numerically. We employed the setup to
obtain a first, qualitative confirmation that mechanical waves can also be affected by
variations over time of medium properties. The simulation, on the other hand,
allowed us to investigate quantitatively how the time-dependent effects are related to
the dynamical parameters of the system, i.e. the amount of speed variation and the
rate at which this happens.
We apply our findings to data on rabbit hearts [109] to predict the effects of muscle
relaxation on cardiac elastography measurements, and we discuss their relevance and
possible applications as a new diagnostic tool.
6.2. SETUP
6.2.1. The Wave Machine
We have built a modified Wave Machine [122] in which the speed of the wave can be
controlled during propagation by means of tension variations. As shown in Figure 6.1,
the setup consists of two wooden frames, placed at 3.63 m from each other, that
support three wires on which 32 aluminum rods are suspended. Each rod is 60 cm
long and has a 1 cm x 1 cm square cross-section. The central wire is made of steel and
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runs through a hole in the midpoint of the long side of the rod, providing a pivot
around which the rods can rotate freely; bolts are fixed to the central wire before and
after each rod, to prevent them from translational movements. The other two wires,
symmetrically placed at both sides of the steel wire, are made of nylon and can freely
slide through their holes in the rods, so that stretching of these wires does not cause
translation of the rods. The nylon wires provide the restoration force that opposes
rotational displacements from the mutual angular position of the rods. During
experiments, the amplitude of the applied perturbation had a gaussian-like shape, as
this was the easiest to produce by hand. When a rotational perturbation is applied to
one of the rods, it propagates along the setup through the nylon wires, effectively
creating a discretized one-dimensional torsional wave. This system can be seen as a
discrete approximation of the continuous case in which the distance between two
consecutive rods approaches zero. For our case the propagation of the torsional wave









where r = 0.060 ± 0.001 m is the distance between steel and nylon wires, F is the
variable tension in each wire, L = 3.410 ± 0.005 m is the distance between the two
extremal rods, I = 0.0049± 0.0004 kg·m2 is the moment of inertia of a rod, N = 32 is








The tension in the wires could be manually controlled, during experiments, by means
of a mechanical lever connected to the nylon wires: pulling the lever would result in
stretching of the wires, with a consequent increase in tension. Relaxation of a muscle
can be mimicked by pre-stretching the wires, then releasing the lever over a transition
time τ during wave propagation; with a framerate of 60 frames per second, it was not
possible to determine τ from the video recordings.
To verify the reliability of Equation 6.2, a first experiment was run with a force
gauge (Force Gauge TMT-5020, OCS.tec GmbH & Co. KG, Neuching, Germany)
connected to one end of the nylon wire, so as to compare the values of c derived from
the equation and those measured directly. During this experimental validation, the
tension read by the force gauge was F = 13.75± 0.2 N, corresponding to a calculated
speed of c = 1.50± 0.14 m/s, a value comparable, within the experimental tolerance,
with the speed measured directly from the video recordings, c = 1.65±0.02 m/s. While
the value of speed determined from the tension measurement suffered from a
relatively high experimental uncertainty, the uncertainty of the direct speed
measurement depends essentially on the framerate of the recording, allowing for
more precise measurements. In our experiments, therefore, the propagation speed
6
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t = 970 ms
t = 1370 ms
t = 1730 ms
t = 2370 ms
0.11 m
Figure 6.2: Snapshots in time of a wave propagating in the experimental setup. From t = 1730 ms onwards,
a reflected wave can also be seen propagating backwards.
was measured by acquiring and analysing video-recordings of the wave. Although not
necessary, the tension of the pre-stretched nylon wires could be estimated from the
speed measurements via Equation 6.2: with a speed c1 = 3.00±0.02 m/s, the tension
was estimated to be 57.0±0.1 N. With the lever in its rest position, on the other hand,
the wave traveled at a measured speed of c2 = 1.40 ± 0.02 m/s, corresponding to a
tension of F = 12.4±0.1 N.
6.2.3. Data Acquisition
A digital single lens reflex camera (Nikon D5300, Nikon Corporation, Tokyo, Japan)
with framerate of 60 frames per second, facing the cross section of the rods, was used
to record the propagating wave from one side, with a field of view of approximately 2
m that allowed the imaging of 18 rods in the center of the setup. In order to increase
the contrast between the setup and the background, the tips of the rods were painted
with an orange phosphorescent paint that reacts to ultraviolet (UV) light. We
performed the experiments in a dark room illuminated only by 5 UV 60-W lamps, so
that the bright orange glow of the extremities of the rods would be easily
distinguishable from the background. This allowed us to isolate and track their
motion in post-processing, using the software ImageJ (National Institute of Health,
Bethesda, Maryland, U.S.) to isolate the motion of each individual bar, and then
importing all data in Matlab (version R2016b, MathWorks, Natick, MA, U.S.A.). Frames
of the recorded propagating wave are shown in Figure 6.2, while Figure 6.3 shows a
single videoframe and its numerical reconstruction.
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Figure 6.4: Experimental (a) and simulated (b) wave propagation in space-time. The color map represents
the amplitude of the rotation of the bars: the bright yellow ’band’ shows the waves with positive amplitude,
the darker areas correspond to reflected waves with negative amplitude, while the brightening and the
broadening in the vertical direction, starting around t = 1.5 s, represent the period and amplitude increase,
respectively. The dotted line shows the time at which the tension in the system is suddenly dropped.
6.3. RESULTS
During the experiments, the nylon wires were first pre-stretched to the maximum
tension of 57 N. A single unipolar wave pulse was then manually generated by
perturbing the first metal rod, and the tension was subsequently dropped to 12.4 N by
releasing the lever during propagation. In order to avoid the superposition of
boundary reflections with the waves we wanted to study, the release of the lever was
timed so that the waveform would always be in the center of the system when the
tension dropped. The tension drop happens in a fraction of a period. Figure 6.4 shows
the propagation measured during an experiment: the axes represent the time elapsed
and the spatial coordinates of each rod expressed by rod number; due to the limited
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field of view of the camera, the extremal rods were not imaged and therefore do not
appear in the plot. The color scheme represents the amplitude of rotation of each bar,
so that the bright yellow ’bands’ essentially correspond to the positive forward
traveling wave. At time t ≈ 1.5 s the effects of the tension drop can be seen. A reflected
wave appears as the broad band that moves backwards from right to left, with its
negative amplitude represented in dark blue. In addition, broadening of the waves in
the vertical (time) direction represent an increased time-period, and their increased
brightness indicates a growth in amplitude.
We note a remarkable similitude with the behaviour of waves crossing the spatial
discontinuity between two media, the main difference being that, in the case of a
temporal discontinuity, it is wavelength that is conserved, while the period changes.
In order to better understand the parallelism, let us look at a wave equation in which


























This resembles Equation 6.3, but with the roles of z and t being interchanged.
From the wave behaviour at a spatial discontinuity, it is known that the spatial
period of the wave (i.e. the wavelength) varies proportionally to c, whereas its
temporal period remains constant. By considering Equation 6.5 and performing the
same reasoning as above, that is inverting the roles of space and time, we can expect
that at a temporal discontinuity the time period will vary proportionally to s, whereas
the spatial period will remain constant.
We then proceeded to implement in Matlab a 1D first order explicit Finite
Difference scheme to solve Equation 6.3 numerically and simulate the behavior of the
setup in different circumstances. In order to test the viability of the simulation to
investigate these phenomena, we compared its results with experimental data: the
paramenters of the wave function, the space and the time discretizations were all
chosen to match those of the experimental setup, i.e. spatial steps of 11 cm (the
distance between rods) and time steps of 16 ms (the time between video-frames). The
wave was simulated as a Gaussian pulse with an e−1 width of 0.3 s. A comparison
between this function and the excursion of the third rod (the first one to be imaged in
our measurements) is shown in Figure 6.5.
Figure 6.6 shows a comparison between simulation and experiment, by plotting
the amplitude over time of two rods. The rods were chosen so that one would oscillate
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Figure 6.5: Comparison between the experimentally
measured excursion of the third metal rod and the























Figure 6.6: Comparison between simulation and
experiment in the oscillation of two rods, reached
by the wavefront respectively before and after the
tension drop. The drop occurs at the time indicated
by the vertical dotted line.
once before the tension lever was released, while the other would be crossed by the
wave only after the sudden tension drop, which was simulated to happen in 16 ms, i.e.
one time-step. The results of the simulation (solid line in Figure 6.6) are in qualitative
agreement with the experiment in terms of amplitudes and period of the incident,
transmitted and reflected wave around the transition phase. This validates our
numerical approach. Having thus established its reliability, we continued our study by
performing simulations only, in order to perform a systematic, quantitative study.
First, we ran simulations to determine the relation between the deceleration of
the wave and the formation of transmitted and reflected waves. We computed the
behavior of a 1-cycle, sinusoidal wave as could be generated on a 1D string. The
spatial discretization was refined to a spacing of 0.01 m to increase spatial sampling of
the waves, and the time discretization was shortened to steps of 0.1 ms, ensuring
stability of the numerical scheme (Courant number Cnum ≤ 0.028) as well as correct
sampling of all phenomena. Figure 6.7 shows how the amplitude and period of the
transmitted and the reflected waves change as a function of c1/c2, for fixed duration
τ = 10 ms of the deceleration. We can see that both amplitude and period increase
linearly with the ratio between the initial and final propagation speed (c1 and c2,
respectively), in agreement with the relations AT /AI = (c2 + c1)/2c2 and
AR /AI = (c2 − c1)/2c2 detailed in the Appendix, and the relation T = c/λ with constant
wavelength λ; here, A represents the amplitude of the wave, T the period, and the
subscripts I , R, and T represent the initial, reflected, and transmitted waves,
respectively. When refering to the period of the wave before and after the tension
drop, the subscripts 1 and 2 will be used, so that the two periods will be indicated by
T1 and T2 respectively.
Furthermore, we investigated the effects of a deceleration taking place over
longer spans of time, up to about twice the period of the wave. In our numerical
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ratios AR,T /AI and
period ratios T2/T1
as function of c1/c2.
Both amplitude and
period can be seen to
increase linearly with
the decrease in speed.
The blue curve shows
the absolute value of
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Figure 6.8: Snapshots of a wave after having propagated in a slowly relaxing medium, for different relaxation
times τ. We can observe that the amplitudes decrease with increasing τ, and that a second reflected wave
appears when τ/T1 > 1. The arrows point at the two reflected waves.
model, for t < t1 the speed was 3 m/s; the speed then decreased linearly from 3 to 1
m/s, between t1 and t2 = t1 + τ, and was consequently kept at a constant value of 1
m/s for t > t2. As shown in Figure 6.8, as the ratio τ/T1 between transition time and
wave period increases, the amplitude of transmitted and reflected wave decreases; the
phase of the reflected wave appears to be opposite of that of the incident wave.
Moreover, we can also notice that two reflected waves are actually present when
τ/T1 ≥ 1, whereas for shorter transition times there appears to be only one, albeit
distorted, reflected wave. The variation in period of the wave does not seem to be
affected by τ, as shown in Figure 6.9. Based on the results of these simulations, we
conclude that reflected waves are generated at points in time when the acceleration of
the wave is discontinuous; if two such points are separated by less than T1, two
reflected waves will be generated, but they will partially overlap with each other,
appearing to be a single, distorted waveform. On the other hand, if the distance in
time between the two points is greater than T1, both distinct waveforms will be visible.

















Figure 6.9: T2/T1 as
function of deceleration
time τ/T1. The
period of the wave
is unaffected by the
relaxation time τ.
The results of the simulations detailed above offer an overview of the general
effects that the temporal variation of a medium has on a propagating wave. In order
to assess the relevance of these effects for cardiac SWE, we can input in our model
realistic values of stiffness variation of the cardiac muscle to predict how the
relaxation would affect a propagating shear wave. Let us first consider the diastolic
phase of a heart in which the muscle isovolumic relaxation phase can be modeled by
an exponential decrease in stiffness with time constant α= 50 ms, as was measured in
Langendorff perfused rabbit hearts [109]. Let us further consider that a shear wave
traveling through the muscle is imaged (e.g. by means of ultrasound scanners) for a
duration of δ = 10 ms during this phase. Figure 6.7 and Figure 6.9 showed that the
variation in period of the wave depends only on the ratio between initial and final
speed, T2/T1 = c1/c2. The ratio itself can be easily computed knowing α and the δ,
since c1/c2 = eδ/2α. Considering α= 50 ms and δ= 10 ms, one could expect to observe
an increase in wave period of 20%. On the other hand, an infarcted heart might have a
relaxation constant α = 100 ms [109]; under the same measuring conditions, one
would then observe an increase in wave period of just 10%. Therefore, when
reconstruction of the shear wave in space-time domain is possible, the broadening of
the tracked shear wave in time could be used as an indirect measure of the relaxation
that took place. The amplitude variation, however, being in the order of 3% and 2% for
healthy and unhealthy hearts respectively, would be unlikely to be detected in realistic
measurements.
6.4. DISCUSSION
Our results confirm that mechanical waves show a response to temporal variations of
the medium comparable to the behavior of electromagnetic waves detailed in
literature: the amplitude and the period of the traveling wave increase proportionally
to the decrease in propagation speed, the wavelength is unaffected, and reflected
waves can be generated at points of discontinuity in the acceleration.
Based on our numerical results, the predicted effects of cardiac relaxation are of
particular interest: in fact, not only would a measured wave be affected by the
relaxation of the muscle, it would actually be affected by the specific relaxation curve
within the measurement. In other words, if two muscles relax at different rates, they
may in principle be told apart by observing the variation in amplitude and period of
waves traveling through them. The variations in period, in particular, could
potentially be employed to directly help diagnoses of diastolic impairment (i.e.
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reduced muscle relaxation), which is connected to diastolic heart failure. It should be
noted that these results show a relation between initial and final period (or
frequency), without any assumption about the initial value itself; therefore, the results
are independent of the frequencies involved, and can apply to the frequency ranges
typical of naturally occurring shear waves, as well as artificially induced ones.
As promising as these results may be, however, their practical implementation still
presents challenges. First of all, the amplitude increase caused by diastolic relaxation is
expected to be small and could be hard to measure during in vivo experiments, due to
signal attenuation and noise. Moreover, because the relaxation of the muscle happens
smoothly, there are no discontinuities to give rise to clearly observable reflected waves.
Therefore, the only effect of temporal variations to be visible in clinical measurements
may be the shift in wave period, and measurements with high time-resolution could
be necessary to distinguish the different shifts of a healthy and a diseased heart. For
example, for an initial frequency of 50 Hz, the time difference between an increase in
the period by 10% and 20% is 2 ms, corresponding to a minimum imaging framerate
of 500 Hz, while an initial frequency of 100 Hz would require a minimum framerate
of 1000 Hz to discern the different period increases. Finally, due to the anisotropic,
viscoelastic, three-dimensional nature of the heart, additional effects will compound
to those produced by muscle relaxation, so that more complex models will be required
in order to analyze data accurately.
Another matter to be noted is that the results presented in this study only show
explicitly the effects of a wave that is generated before the relaxation begins; the
relaxation of the medium takes place entirely during the propagation of the wave, and
the effects are determined after the entire process has ended. However, when the
closure of the aortic valve generates a wave, the cardiac muscle has already started
relaxing; moreover, a SWE measurement based on such a wave would be over well
before the cardiac relaxation process ended. Therefore, one could question whether
the predictions formulated for real hearts can truly be trusted based solely on our
numerical study. We argue that this is indeed the case: Figure 6.7 and Figure 6.9 show
that the variation in period of the wave depends only on the ratio between initial and
final speeds c1/c2, where c1 and c2 correspond the the speed of the wave at the
beginning and at the end of a measurement; this means that, for fixed c1/c2, the
variation in period will always be the same, regardless of whether the speed varies
with a step function or a smooth curve. As mentioned above, the difference with our
simulations, introduced by the smoothness of the diastolic relaxation, lies in the
absence of reflected waves, which are generated at discontinuities. It is important to
notice that, during a fixed measuring time, different relaxation curves (as could
characterize healthy and diseased hearts) will result in different values of c1/c2,
therefore affecting the propagating wave differently.
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Finally, we consider a wave produced by mitral valve closure, which may also be
used to perform SWE. The mitral valve closes at the onset of systole, the contracting
phase of the heart cycle, and, due to the stiffening of the muscle, waves traveling
during this phase experience an increase in propagation speed. Based on our results,
we expect that the amplitude and period of an accelerating wave will decrease
proportionally to the increase in speed, and reflected waves will be once again
generated at discontinuities in the acceleration.
From an experimental point of view, compared with other approaches proposed
in literature to investigate waves in temporally varying media, the use of our setup
shows several advantages. To begin with, the setup allows to observe the full
phenomenon in its complexity, including not only the initial and final state of the
wave, but its transition phase as well. Moreover, it can be easily built and modified so
as to tailor the wave parameters (speed, amplitude) to specific needs, and the tension
can be varied directly and in real time during an experiment; thanks to these features,
more complex interactions (e.g. combining temporal variations with viscous
behaviors) could be investigated with minor modifications of the setup.
There are a few limitations in our choice of setup as well: in particular, non-ideal
matching of wires and rods, non-ideal fixed boundaries, and friction, are all factors
that play a role in altering the behavior of the wave, degrading the match between
experiment and idealized numerical simulation, as can be observed e.g. for the
reflected wave in Figure 6.6 at times greater than 1.5 seconds. Moreover, due to the
limited resolution and spatial window with which the motion of the bars can be
detected by the camera, only wave amplitudes between 3 and 20 cm could be reliably
detected. This meant that only a restricted parameter space could be practically
investigated with the experimental setup. Nevertheless, the setup provided useful
qualitative information, as well as a validation of our numerical approach; together,
experiments and simulations proved to be a robust tool to investigate waves in
time-dependent media.
6.5. CONCLUSIONS
We conclude that the variation over time of the stiffness of a medium, such as the
beating heart, produces an inversely proportional variation in amplitude and period
of a wave traveling through it. Furthermore, if the stiffness variation presented
discontinuities, reflected waves would be generated. Based on the results of our
numerical simulations and literature data, we predict that a healthy diastolic
relaxation will affect propagating waves differently than an impaired process,
producing a wave period increase twice as large as the one that might be observed in a
dysfunctional organ. This difference may potentially be exploited to directly obtain
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APPENDIX: REFLECTION AND TRANSMISSION
COEFFICIENTS
We show here how the reflection and transmission coefficients can be calculated for
a 1D transverse wave travelling on a string that undergoes an instantaneous material
property variation (e.g. a decrease in tension). This situation can be considered to be
the temporal equivalent of a wave travelling across the interface between two different,
ideally bonded, strings. Let us assume that the instantaneous variation happens at
time t0 = 0, and let us consider an initial wave function ψi = f I (x − c1t ) for all t < 0. As
we have seen, after the temporal discontinuity, in the setup two waves are present, a
transmitted wave ψT = fT (x − c2t ) and a reflected wave ψR = fR (x + c2t ). Notice that
the transmitted and reflected waves travel at the same speed c2, with opposite signs.
We can then consider two instants in time, before (B) and after (A) the discontinuity,
and define two waveforms
ψB =ψi = f I (x − c1t ), (6.6)
and
ψA =ψT +ψR = fT (x − c2t )+ fR (x + c2t ), (6.7)
representing the deformation of the string in these two instants. Let us now make two
considerations:
1. The deformation of the string has to evolve continuously from ψB to ψA at all
coordinates x (a discontinuity of ψ between two consecutive instants requires
movements at infinite speeds). Therefore, it follows that for all x:
ψB (x,0) =ψA(x,0) (6.8)
=⇒ f I (x) = fR (x)+ fT (x).
2. The vertical speed of each individual particle in the string also needs to be
continuous over time (a discontinuity of ∂ψ(x,t )∂t in time would require infinite
acceleration). We can write this condition as:
∂ψB (x, t )
∂t
|t=0 = ∂ψA(x, t )
∂t
|t=0 (6.9)
=⇒ −c1 f ′I (x) =−c2 f ′T (x)+ c2 f ′R (x).
Integrating the equation above and setting the integration constant to 0, we find that:
c1 f I (x) = c2( fT (x)− fR (x)). (6.10)
We can then solve Equation 6.8 and 6.10 for fR and fT in terms of f I , finding:
fR (x) = c2 − c1
2c2
f I (x), (6.11)
fT (x) = c2 + c1
2c2
f I (x). (6.12)
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We have thus shown that the ratios of the amplitudes of initial, reflected and
transmitted waves (AI , AR , and AT , respectively) are equal to
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Left ventricular (LV) flow patterns have been studied as potential early stage markers
of cardiac dysfunction [145]. A relatively new method of measuring LV flow patterns,
named echo-particle image velocimetry (echoPIV), tracks the motion of ultrasound
contrast agent (UCA) microbubbles in the blood using echocardiography. However,
the low frame rates (50 – 70 Hz) permitted by the current generation of clinical
ultrasound scanners causes velocity magnitudes to be severely underestimated
during filling and ejection (<40 cm/s at 50 Hz) [146]. High-frame-rate (HFR)
echocardiography, using diverging-wave transmission schemes, has allowed for frame
rates of up to 100 times faster than conventional line-scanning echocardiography. The
image quality improvements when using HFR contrast enhanced ultrasound over
conventional contrast enhanced ultrasound have recently been described [147]. Still,
measurement of the high energy and high velocity trans-mitral jet has yet to be
demonstrated in humans. We have shown previously, in an in vitro LV phantom study,
that HFR echoPIV can accurately measure the high energy diastolic flow patterns
[148]. In this work we demonstrate that this holds true in a patient with heart failure.
7.2. METHODS
A patient (19, female, 1.65 m, 66 kg) with dilated cardiomyopathy and DDD-ICD was
admitted for decompensatio cordis. Apical 3-chamber views were obtained using
both a clinical scanner (EPIQ 7 with X5-1 probe, Philips Healthcare, Best, the
Netherlands), and a research scanner (Vantage 256, Verasonics, Kirkland, WA) with a
P4-1 probe (ATL). Pulsed-wave (PW) Doppler measurements were obtained, using the
clinical scanner, in the region of the mitral valve tips. UCA (SonoVue®, Bracco
Imaging SpA, Milan, Italy) was then continuously infused at 0.6 ml/min (VueJect
BR-INF 100, Bracco Imaging) and its arrival in the LV was verified with the clinical
scanner. The research scanner was then used to obtain HFR contrast enhanced
ultrasound acquisitions using a 2-angle (-7°, 7°) diverging wave sequence with 2-pulse
contrast scheme (pulse inversion, mechanical index ∼ 0.06 – 0.01) at a pulse
repetition frequency of 4900 Hz, resulting in an imaging frame rate of 1225 Hz.
EchoPIV analysis was performed in the polar domain, using custom PIV software that
used correlation compounding on ensembles of 5 frames for each angle 4. The final
vector-grid resolution was 1.25◦ by 1.25 mm. HFR echoPIV magnitudes were validated
by comparing the mean temporal velocity profile to the PW Doppler spectrum
captured in the same location. This study was approved by Erasmus Medical Center’s
medical ethics committee (NL63755.078.18).




The velocities measured with HFR echoPIV agreed well with the PW Doppler
spectrum (Figure 7.1 a), with peak velocities up to 80 cm/s measured in this patient.
This is the first demonstration of echoPIV measuring the high velocities present in the
trans-mitral jet in adults. The high temporal resolution also permits study of the flow
patterns in greater detail (Supplementary Video). For example, the large, central
clockwise vortex was observed pinching off the trans-mitral jet before migrating
apically (Figure 7.1 b – d: ?). Smaller, more transient vortices were also observed, such
as the counter-clockwise vortex between the jet and the free-wall (Figure 7.1 b: †).
7.4. CONCLUSION
We have demonstrated in a patient with heart failure that high-frame-rate echoPIV
can measure the, previously unobtainable, high velocity flow patterns in 2D. This
development has potential to become a useful tool in the study of intra-ventricular
blood flow and its relation with ventricular function.
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Figure 7.1: (a) Mean echoPIV velocity (red) overlaid on Pulsed-wave Doppler spectrogram obtained in the
mitral valve region (see PW in (b)). (b – d) Velocity map visualization during diastolic filling (temporal
locations marked in (a)), showing the high velocity trans-mitral jet entering the ventricle (b) and central
clockwise vortex that starts basally and migrates apically (c – d). Supplementary Video included online. MV
= Mitral valve, LVOT = left ventricular outflow tract. ?Large, persistent clockwise vortex that pinches-off the





The clinical aim of the work in this thesis is the development of a non-invasive
method to directly assess myocardial stiffness. This is important for the early
assessment of myocardial stiffness in people at risk of developing heart failure and for
the diagnosis of underlying pathophysiologies in patients with heart failure with a
preserved ejection fraction (HFpEF). This thesis focusses in particular on the accurate
measurement and interpretation of natural shear waves (SWs) after aortic and mitral
valve closure (AVC and MVC).
8.1. ACCURACY OF NATURAL SHEAR WAVES
For the application of clinical diagnosis, it is important that differences between
healthy individuals and people with an increased myocardial stiffness can be
distinguished at an early stage of the disease process. The results in Chapter 4 suggest
that, for healthy volunteers with only mild hemodynamic variations, variability in
assessment of SW propagation speeds after valve closure is dominated by
measurement inaccuracies. Therefore, the standard error can be reduced by
averaging over multiple heartbeats. A mean standard deviation of 0.60 m/s was found
for the SW measurements after AVC, which we will use to estimate the minimum
amount of measurements needed for clinical diagnosis.
In literature, higher natural SW propagation speeds are reported for hypertrophic
cardiomyopathy patients [39] and for cardiac amyloidosis patients [40] compared to
healthy volunteers. Mean differences of 1.49 m/s and 1.88 m/s for the SWs after AVC,
and of 2.23 m/s and 2.79 m/s for the SWs after MVC were reported, respectively.
Furthermore, an increase in SW propagation speed was measured between age
groups of 20 – 39 years and 60 – 80 years (mean differences of 1.02 m/s and 1.26 m/s
for AVC and MVC respectively) [40]. These increases in SW speeds are presumably
caused by the natural aging process of progressive stiffening of the myocardium.
Assuming that minimal differences of 0.5 m/s should be measured for the early
clinical diagnosis of an increased myocardial stiffness, minimally 6 measurements are
estimated to be needed for a confidence level of 95%. For this estimation, we used the
following equation; µpati ent −µheal thy > 2σ/
p
n, hereby assuming a similar normal
distribution of measurement inaccuracies among healthy volunteers and patients.
Although many assumptions have been made for this calculation, it illustrates that in
the order of 10 heartbeats are needed for a presumably clinically relevant value. Thus,
the first main finding is that for the application of early diagnosis of an increased
myocardial stiffness, precision should be improved by averaging over multiple
heartbeats. Averaging over about 10 heart cycles is nowadays not often done in
clinical practice. However, assuming that measurements are performed subsequently,
and that data processing is done offline and will be automated in the future, we think




8.1.1. Apical versus Parasternal View
Since the interventricular septum (IVS) is relatively thin compared to the wavelength
of natural SWs, guided wave modes might be expected. These guided wave modes are
characterized by different dispersion curves, and a dominating transversal or
longitudinal particle motion. Furthermore, depending on the echocardiographic
view, mainly transversal or longitudinal vibrations with respect to the IVS are
measured. Since it is unknown what wave modes are induced after valve closure, and
thus which echocardiographic view should be used, this was studied in Chapter 5. We
show in healthy volunteers that higher propagation speeds are obtained in an apical
four-chamber view (median of 5.1 m/s (IQR: 4.5 – 7.2 m/s)) than in a parasternal
long-axis view (median of 3.8 m/s (IQR 3.4 – 4.0 m/s)) after AVC; and that the
propagation speeds in these two views are not correlated. The results cannot be
explained by our hypothesis that symmetric and anti-symmetric Lamb waves are
induced after AVC, and that a single or a superposition of different modes is measured
in a specific echocardiographic view. Therefore, we refrain from converting SW
propagation speeds into myocardial stiffness values. Nonetheless, for clinical
application this conversion into myocardial stiffness might not be necessary when
normal and pathological ranges of SW propagation speeds are known for specific age
groups, types of SWs and left ventricular (LV) geometries.
The differences in propagation speeds measured in the two views could not only
represent different types of SWs, but also measurement inconsistencies. First, it
should be noted that slightly different planes are imaged in an apical four-chamber
and in a parasternal long-axis view, and that the aortic valves are not in the imaging
plane of an apical four-chamber view. The latter makes it possibly more challenging
to measure the SWs after AVC and gives the sonographer more freedom to select the
image plane. This could lead to out-of-plane propagation (as shown in a phantom in
Chapter 3), potentially explaining the unexpectedly large inter-volunteer range in
apical view (3.5 – 8.7 m/s versus 3.2 – 4.3 m/s). The effect of out-of-plane propagation
could be further investigated in future studies by using an apical three-chamber view,
in which the same plane is imaged as in a parasternal long-axis view. Also, more
insights could be obtained by performing 3-dimensional acquisitions in which
different tissue motion components as well as the propagation direction can be
measured simultaneously. First steps in this direction have been recently made for the
vibrations after atrial kick [149–151]. Second, different tissue motion components
with respect to the fiber orientation of the myocardium are measured, which could
mean that different tissue properties are assessed in the different views. For example,
also Villemain et al. (2019) showed that myocardial elastic properties are anisotropic,
by measuring different propagation in long-axis and short-axis views for shear waves
externally induced by an acoustic radiation force (ARF).
First clinical studies show the potential of the SWs after AVC in parasternal view
[39–41, 63], while to the best of our knowledge no clinical studies have been published
yet in apical view. Furthermore, since SWs with smaller wavelengths can be tracked
more accurately and precise over the limited length of the IVS, the lower median
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propagation speeds in parasternal view are, next to the lower inter-volunteer
variabilities, advantageous for a more robust clinical diagnosis. Thus, the second main
finding is that the parasternal view is currently preferred for the clinical diagnostic
application. However, both views might contain additional information about
myocardial stiffness, and further studies on the potential clinical added value of
apical view SWE measurements are needed. In current clinical practice,
echocardiographic measurements in both views are already used for the evaluation of
LV diastolic function [10]. Thus, performing measurements in either of the two views
is feasible. Nonetheless, the clinical relevance of apical SWE measurements remains
currently unknown.
8.1.2. Intra-Scan Variability
In Chapter 3, we show that the location of the propagation path on the IVS along
which a SW after AVC is tracked, affects the propagation speed measured in
open-chest pigs. The LV (endocardial) side of the IVS showed in general higher SW
amplitudes – suggesting higher signal-to-noise ratios (SNRs) –, and lower propagation
speeds than the right-ventricular (epicardial) side. The propagation speed variations
measured along different paths in vivo were larger than the variations measured in a
phantom where the measurement direction was deliberately misaligned with the
propagation. Therefore, the differences over the IVS are probably not only caused by
measurement inaccuracies but are also expected to have physiological causes, such as
a changing fiber orientation over its thickness and small local stiffness variations.
Since larger amplitudes were found in these pigs on the endocardial side, 10
propagation paths were then selected at this side of the IVS within each acquisition,
resulting in a median inter-quartile range of 0.6 m/s. Hereby the aim was not to select
identical paths, but to represent variations in propagation path when different
observers would repeat the analysis. Since propagation paths were selected at one
side of the IVS, variabilities are expected to be mainly caused by measurement
inaccuracies. Therefore, the precision of individual acquisitions can be improved by
averaging over multiple propagation paths. This is especially important since an IQR
of 0.6 m/s is similar as the previously assumed minimal difference of 0.5 m/s that
should distinguish between a healthy person and a person with an increased
myocardial stiffness. Therefore, for all studies in this thesis described after Chapter 3,
as well as for the estimation of minimal number of heartbeats made at the beginning
of this discussion, we averaged over 10 propagation paths per SW. The third main
finding of this thesis is thus that besides averaging over multiple heartbeats,
intra-scan variabilities should be included by averaging over several propagation
paths within each acquisition. Averaging over multiple propagation paths is currently
not done by other SWE studies described in literature. Currently, we manually select
multiple propagation paths and this requires thus extra time and effort. However, we
think that the selection of several propagation paths could be automated in the future




8.1.3. Method to Determine Propagation Speeds
Different aspects of SW tissue motion have been evaluated in literature to determine
the natural SW propagation speeds. SWs are represented by specific patterns of
positive and negative tissue motion propagating over time. However, tissue motion at
the moment of valve closure is complex and it is not trivial to completely distinguish
SW motion from other general motion of the heart and noise. Therefore, it is
uncertain what the best method is to track SW propagation speeds. Throughout this
thesis, we used the Radon transform. Integral intensities along all possible linear
paths are compared and the path corresponding to the maximum or minimum
intensity is selected, to determine propagation speeds of positive or negative tissue
motion amplitudes respectively (called rims). In Chapter 3, we tracked different rims
of the SWs after AVC in open-chest pigs by using tissue velocity and tissue
acceleration data, and obtained lower propagation speeds for rims later in time.
Furthermore, we obtained in general higher propagation speeds for tissue
acceleration than for tissue velocity data for the SWs after AVC in healthy volunteers
(Chapter 5) and in pigs (Chapter 8) (rim tracked of acceleration data was earlier in
time than of velocity data).
These differences in propagation speeds can be induced by different factors.
First, since the myocardium is relaxing or contracting at the moment of AVC and MVC
respectively, different speeds might represent a change in stiffness over time. Kanai
(2005) measured rapidly decreasing phase speeds in healthy volunteers after AVC and
suggested that this was caused by myocardial relaxation [43]. Also Couade et al. (2011)
measured a decrease in shear modulus around the AVC from 25 kPa to 20 kPa in
approximately 25 ms in open chest sheep [55], corresponding to a decrease in
propagation speed from 5 m/s to 4.47 m/s. For a time difference of approximately 5
ms between two rims (see Figure 3 in Chapter 3), this effect would result in a decrease
of 0.11 m/s. Thus, relaxation could partly explain the differences in propagation
speeds obtained for different rims. Second, by taking the derivative of tissue velocity
data to obtain acceleration values, higher frequencies are amplified, which could
affect the propagation speed measured due to dispersion. Nonetheless, it should be
noted that it is uncertain to what extent the SWs after valve closure are dispersive due
to contradicting observations reported on in literature [43, 64]. Third, by using tissue
velocity or tissue acceleration data, different aspects of the complex wave pattern in
the tissue motion data around valve closure are tracked. And the complex tissue
motion at the moments of valve closure make the comparison of different studies,
tracking different tissue motion components, more complicated. However, in
Chapter 8, we could easier track the SWs after MVC by using acceleration panels,
since a more distinct pattern became visible. Furthermore, clinical studies tracking
acceleration data or the transition from positive to negative tissue velocity data after




Thus, the fourth main finding is that different propagation speeds can be
measured when tracking different aspects of the tissue motion patterns, or when
using tissue velocity versus tissue acceleration data. Therefore, SW propagation speed
values obtained using different methods cannot be compared directly. Thus, for
clinical application there is a need for a more universal and robust method to
determine SW propagation speeds. Although we only used a Radon transform to
determine the propagation speed of the natural SWs in this thesis, it should be noted
that also different propagation speeds might be obtained for the same dataset when
using other methods, such as correlation-based methods [42, 152].
8.1.4. Feasibility
In healthy volunteers in Chapter 4, the feasibility of performing natural SW
measurements was found to be higher after AVC than after MVC (Zonare: 87% versus
66%; Philips: 77% versus 15% of all cardiac cycles). Also, in transthoracic pig
measurements in Chapter 8, we experienced problems with tracking the SWs after
MVC. Although a transition from positive to negative tissue velocity data was present
in most acquisitions, a clear distinct SW pattern could not always be observed. The
feasibility for these SWs after MVC was found to increase for tissue acceleration data,
while the feasibility for the SWs after AVC was less affected. Other studies using tissue
acceleration data, show only slightly larger feasibility rates for AVC than for MVC in
healthy volunteers, but in similar ranges (AVC versus MVC: 100% versus 90% [42], 94%
versus 84% [40] of all volunteers). Also when manually tracking the transition from
positive to negative tissue velocity data, similar feasibility ranges were obtained in
healthy volunteers (AVC versus MVC: 93% versus 89% of all volunteers), but the
feasibility rate for MVC decreased more than for AVC in hypertrophic cardiomyopathy
patients (AVC versus MVC: 88% versus 56% of all patients) [39]. Reason for the
generally lower feasibility of tracking SWs after MVC could be that the SW source – the
mitral root – is not directly connected to the IVS, and therefore vibrations induced by
MVC have to be transferred via the aortic root first. This could result in a relatively
lower SW amplitude for the SWs after MVC. Although using the tissue acceleration
data seems to increase the feasibility for MVC, it should be noted once more that not
the same tissue motion component is tracked as when using tissue velocity data,
illustrating the need for a more universal method. For the application of clinical
diagnosis, we think that the feasibility rates for the natural SWs of about 90% among
subjects in literature and of about 60 – 90% among all cardiac cycles found in this
thesis are sufficient, taking into account that multiple heart cycles are consequently




8.2. INTERPRETATION OF NATURAL SHEAR WAVES
8.2.1. Timing with Respect to the Cardiac Cycle
The clinical aim of this thesis is to develop a non-invasive method to measure an
increased myocardial stiffness in patients with diastolic dysfunction. However, the
stiffness of the myocardium changes throughout the cardiac cycle due to an
interaction between the passive myocardial stiffness, myocardial contraction and
relaxation, and the blood pressure in the LV. Therefore, SW measurements would
ideally be performed in diastasis to minimize the effect of contraction on the
myocardial stiffness measured. However, the natural SWs after valve closure only
occur at two specific moments of the cardiac cycle. At these valve closure moments,
the heart has already started to relax or contract, and the exact timing with respect to
the stiffness dynamics of the heart is unknown. Therefore, we compare the ARF-based
SW propagation speeds measured throughout the cardiac cycle, with the SW
propagation speeds after AVC and MVC. We did this in open- and closed-chest pigs
respectively in Chapter 7 and 8. Similar propagation speeds were found for natural
and ARF-induced SWs simultaneously measured along the same propagation path in
Chapter 7. This suggests that both types of SWs assess the same tissue characteristic
at the moment of valve closure, despite the different SW and SW-source
characteristics. Chapter 7 and 8 show that AVC and MVC take place at moments in
between the occurrence of the lowest (diastolic) and highest (systolic) ARF-based
speeds, and that the propagation speeds after AVC and MVC are higher than of the
slowest ARF-induced SWs in diastole. This suggests that the natural SWs are not only
a measure of diastolic myocardial stiffness, but also of contractility. Furthermore,
higher propagation speeds are measured after AVC than after MVC in Chapter 4 and
7, as was also found in several other studies [40, 42, 64] (but not in [39]). This indicates
that AVC is more depending on contractility than MVC. In addition, the propagation
speeds after AVC were not significantly different from the ARF-based systolic speeds
in Chapter 7 – although this could be caused by low statistical power –, and only just
significantly lower in Chapter 8. These small differences in propagation speeds after
AVC and in systole support the correlation found in other studies between
contractility and the propagation speeds in systole [75, 139] or after AVC [137]. Thus,
the fifth main finding of this thesis is that the SWs after valve closure represent two
states between relaxation and contraction. This practically means that natural SWs
could be used to assess diastolic as well as systolic function. However, it is yet
unknown how to separate abnormalities in relaxation, contraction, passive
myocardial stiffness and/or hemodynamic loading.
The different ratios for individual pigs between the propagation speeds after AVC
and in systole in Chapter 7, and the inter-beat and inter-scan variability measured for
the natural SWs throughout this thesis, could not be only caused by measurement
inaccuracies. Potentially, also differences in timing of the corresponding valve closure
have caused these variabilities. Surely, the timing of SW with respect to the cardiac
cycle determines in what extent myocardial relaxation and/or contraction is assessed.
As an illustration, in Chapter 8, we saw as an interesting result in one of the pigs an
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increase in ARF-based systolic and diastolic propagation speeds, but a decrease in the
propagation speeds after AVC. The cause of this observation remains unknown, due to
a lack of ground truth for the myocardial stiffness curve throughout the cardiac cycle
and since we had no means to accurately measure the timing of the valve closure
within this curve. In future studies, it would be interesting to study the effect of
valve-closure timing on propagation speeds and to relate this timing to the electrical
activation (depolarization) of the septal region.
8.2.2. Loading Conditions
In Chapter 4, we found no significant effect of a mild stress test (handgrip) on the
propagation speeds measured after AVC and MVC in healthy volunteers. There was a
slight mean increase in propagation speed measured after AVC (0.33 m/s and 0.39 m/s
for Zonare and Philips respectively) which was in the same range as the intra-scan
variabilities measured (AVC Zonare: median IQR of 0.38 m/s (IQR: 0.26 – 0.68 m/s).
Although this was statistically not significant, it should be noted that the
corresponding p values were only slightly above p=0.05 (p=0.073 and p=0.079 for
Zonare and Philips respectively). Furthermore, although no significant differences
were measured between observers, the effect of the handgrip test was found to be
significant for the 2nd observer of the Philips data (p=0.01) [153], suggesting a weak
effect. Also, Bézy et al. (2019) found a significant increase in propagation speeds after
AVC by performing a bicycle-exercise test in healthy volunteers [137]. Furthermore,
the propagation speeds after MVC were found to correlate with end-diastolic
pressures in humans by Werner et al. (2020) [140]. Thus, although no significant effect
of a mild stress test was found in Chapter 4, the propagation speeds measured after
valve closure can be affected by larger hemodynamic changes, which was studied in
transthoracic pig experiments in Chapter 8. This chapter shows a correlation between
ARF-based SW propagation speeds and the intrinsic myocardial diastolic stiffness, but
also with end-diastolic and end-systolic pressures. The preliminary results in this
chapter suggest that SW propagation speeds are not only depending on intrinsic
myocardial characteristics, such as the passive myocardial stiffness, relaxation and
contraction, but also on hemodynamic loading. Therefore, before clinical application,
it should be further investigated whether difference in SW propagation speeds
measured are caused by intrinsic characteristics, such as passive myocardial stiffness
and active relaxation and contraction, or by loading conditions. This could be studied
by performing a multivariate analysis, including realistic ranges of pressures and of
intrinsic characteristics.
8.2.3. Temporally Relaxing or Contracting Myocardium
Since AVC and MVC occur when the myocardium is relaxing or contracting
respectively, the effect of a temporal change in stiffness on wave propagation is
fundamentally studied in Chapter 6. This chapter shows that for a relaxing medium,
the amplitude and period of the wave increase proportionally over time, and that a




However, since relaxation is assumed to happen smoothly in vivo, no reflected waves
are expected. The changes in wave amplitude and period could in theory be used to
measure relaxation and/or contraction abnormalities. Assuming an isotropic
one-dimensional medium, it is estimated that for a normal relaxing heart, an increase
in wave period of 20% and an increase in wave amplitude of 3% can be expected over
10 ms. For an infarcted heart, increases of 10% and 2% were estimated respectively.
However, throughout the in vivo studies in this thesis, we did not observe an increase
in amplitude for the SWs after AVC. This is probably since the estimated effect is
small, and since SW attenuation causes the wave amplitude to decrease. Also, we
could not observe systematic changes in wave period in vivo, potentially due to
interference with additional effects related to the anisotropic viscoelastic
three-dimensional nature of the heart. However, although we did not observe an
increase in SW amplitude and period over time in vivo, we did see that propagation
speeds were not always constant over space and time (e.g. MVC in Chapter 8), and
that different propagation speeds were obtained for different rims in time (Chapter 3,
5 and 8). This can potentially be partly caused by temporal changes in stiffness. As an
alternative to changes in wave amplitude and period, propagation speeds of SWs
externally induced throughout the cardiac cycle could potentially be used to assess
relaxation and/or contraction abnormalities. For example, the relaxation time
constant in isolated rabbit hearts has been assessed using ARF-based propagation
speeds and displacements by Vejdani-Jahromi et al. [109, 154].
8.3. ALTERNATIVES TO NATURAL SHEAR WAVES
This thesis focuses on natural SWs and compares these SWs with SWs externally
induced with an ARF in Chapter 7 and 8. However, as discussed in the introduction of
this thesis, also other SW-based alternatives are used in the cardiac application, such
as the natural vibrations after atrial kick and ARF imaging (ARFI).
8.3.1. Atrial Kick
Besides the natural SWs after valve closure, also natural longitudinal motion patterns
after atrial contraction have been assessed by several studies in the apical view
[47–50]. Main advantage of using the motion pattern after atrial kick compared to the
SWs after valve closure is that atrial contraction occurs in late diastole when the
myocardium is presumed to be in a relaxed state. This may provide the possibility to
better assess the passive myocardial stiffness. Furthermore, the advantage of using
natural vibrations (atrial kick and valve closure) compared to externally-induced
vibrations is that the implementation in current clinical practice is expected to be
easier, since ultrasonic scanners do not need to be able to induce high-energy pulses.
The propagation speed of the vibrations after atrial contraction have been shown to
increase with preload and myocardial stiffness in pigs [49], and to be higher in
patients with severe mitral regurgitation and aortic stenosis [48] and in patients with
amyloidosis [50]. However, the non-linear propagation measured in HCM patients
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(possibly due to the maximal longitudinal distension of the collagen network) [47]
make the interpretation of these waves more difficult. Furthermore, due to the purely
longitudinal stretch motion, these motion patterns cannot be purely SWs, and thus
future research is required for the conversion of propagation speeds into stiffness
values. However, these motion patterns could potentially still give more information
on the diastolic function of the LV.
Thus, assessing the vibrations after atrial kick is promising, since vibrations can
be measured in late diastole and since the implementation in current clinical practice
is easier than for ARF. Although the vibrations after atrial kick cannot be measured in
the parasternal long-axis view, as preferably used for the SWs after valve closure, it
would be interesting to further investigate the clinical relevance of both types of
natural vibrations within individual studies.
8.3.2. ARF-based Methods
Although ARF-based SWs have been used in Chapter 7 and 8, mainly to improve our
understanding of natural SWs, these ARF-based SWs can also be used as a
stand-alone SWE technique. Besides the advantage of timing within the cardiac cycle
as discussed before, ARF-based SWs have some other advantages compared to natural
SWs. First, by changing the parameters of the ARF, SW characteristics can be adapted,
while the complex phenomenon inducing the SWs after valve closure is fixed. We
observed a more complex SW pattern in the tissue motion data after valve closure
than for ARF-based SWs, making the interpretation more difficult. Second, the higher
frequency content of ARF-based SWs, inherently related to smaller wavelengths,
makes it easier to accurately track these ARF-based SWs over the limited length of the
IVS. On the other hand, lower frequencies were found to be less affected by fiber
orientation [98].Third, since the ARF-based SWs are induced and tracked by the same
ultrasonic probe, out-of-plane propagation is less of a problem than for the SWs after
valve closure. In Chapter 7 and 8, we observed lower variabilities for the ARF-based
SWs in diastole compared to the SWs after AVC and MVC, which is an advantage for
the application of clinical diagnosis. Fourth, fiber orientation can be measured by
inducing SWs in a short- and long-axis view [55, 63, 66, 67]. In this way, different
elasticity constants can be assessed, and furthermore lower fractional anisotropy was
found in HCM patients compared to healthy subjects [63].
Having said all that, disadvantages of using an ARF are the low tissue motion
amplitudes ( 10 mm/s [55] vs 40 mm/s [64] for ARF and valve closure respectively),
and the challenge to induce SWs in a closed-chest transthoracic setting while meeting
acoustic safety criteria. This is especially challenging for the low-amplitude fast
propagating SWs in systole, and for obese patients. Nonetheless, it should also be
further investigated whether natural SWs are present in a wide range of patients. For
example, natural SWs may not be present in patients with strong regurgitation, and
thus with poor valve closures. However, the feasibility rates of SWs after valve closure





A related but different technique is ARF imaging (ARFI). Instead of tracking SW
propagation, ARFI measures the on-axis axial displacement in the focus of the ARF by
using focused ultrasonic beams, improving the signal-to-noise ratio. This enables the
measurement of a parameter for tissue stiffness in both systole and diastole in a
transthoracic setting. The tissue displacements measured are expected to be inversely
related to tissue stiffness. However, since it is unknown what absolute force is applied,
only relative tissue stiffness changes in time and space can be measured.
Furthermore, it should be noted that this method assumes that the applied force stays
constant between measurements within an individual sequence. But the fiber
orientation changes due to normal cardiac motion, as visible by alternating
backscatter strength on images, and these changes might lead to variations in
absorption. Therefore, the ARF magnitude might change throughout the cardiac
cycle. To obtain a more quantitative measure of tissue stiffness throughout the
cardiac cycle, Hollender et al. (2017) recently proposed a method to calibrate the ARFI
displacements with the propagation speeds measured with ARF SWE in diastole [62].
Within the constrains described above, this study is promising, since it shows that by
combining ARF SWE and ARFI, the instantaneous myocardial stiffness can be
assessed throughout the entire cardiac cycle in a transthoracic setting while meeting
safety criteria.
Thus, since ARF-based methods can be applied at any moment of the cardiac
cycle, these methods are very promising as a distinction can be made between
myocardial relaxation and contraction. Nonetheless, further innovations are needed
to improve the SNR of these ARF-based methods to increase the transthoracic
feasibility.
8.4. CLINICAL PERSPECTIVE
The main motivation to study SWs in this thesis was the assumption that more
intrinsic mechanical properties of the myocardium can be assessed with SWE than
with the echocardiographic parameters currently used for the assessment of diastolic
and systolic function. Different studies suggest that the SW propagation speeds are
correlated to the inotropic state of the heart [42, 139, 153], as well as to diastolic
myocardial stiffness. This was tested by inducing ischemia [52, 57, 109], or by
comparing healthy volunteers with patient groups with an assumed increased
myocardial stiffness [39–42, 63]. Nonetheless, Chapter 8 shows that SW propagation
speeds also depend on loading, which supports the results of ARF-based studies in
Langendorff-perfused rabbit [155] and rat hearts [75]. Whether SW propagation
speeds depend more on the intrinsic mechanical properties than on normal varying
loading conditions in vivo, will be further investigated by including more subjects in
the study described in Chapter 8.
This thesis illustrates that the conversion from SW propagation speeds after valve
closure into intrinsic myocardial stiffness values is complex. The type of SWs induced,
and thus the corresponding dispersion curve, are ambiguous (Chapter 5); SW
propagation speeds theoretically depend on geometries such as wall thickness [39];
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the SWs after valve closure are measured at time points representing a mixed state of
contraction and relaxation (Chapter 7); SW propagation speeds are depending on
loading conditions (Chapter 8); in contrast to invasive pressure-volume loops, SWs
are assessed locally on the IVS and thus might not be representative for the entire
heart; and also the complex anisotropic material properties of the myocardium make
the conversion to stiffness values challenging. However, for clinical application,
conversion to stiffness values might not be necessary, as long as dependence of SW
propagation speeds on these factors described above is known. Nonetheless, when
measuring propagation speeds of SWs after valve closure or in diastole, still no
distinction can be made between the contribution of passive myocardial stiffness and
relaxation abnormalities. This is in contrast to invasive pressure-volume curves and
echocardiographic indices of mitral inflow velocities, surrogate parameters of the
myocardial stiffness, that can be used to distinguish relaxation and passive properties
[156]. Thus, natural SWs can first be used to detect whether HFpEF is caused by an
increased myocardial stiffness, or by non-myocardial causes of HFpEF [13].
Thereafter, when an increased myocardial stiffness is measured, ARF-based
propagation speeds throughout the cardiac cycle are probably required to distinguish
the contributions of passive myocardial stiffness and relaxation.
In Chapter 9, we focused on the assessment of the high velocity diastolic LV flow
patterns using high-frame-rate echocardiography, as an alternative to cardiac SWE to
measure early signs of cardiac dysfunction. By using ultrasound contrast agent
microbubbles, echo-particle image velocimetry (echoPIV) obtained diastolic
blood-flow velocities with similar accuracies as pulsed-wave Doppler. Since SWE and
echoPIV both require a high frame rate system, both techniques could potentially be
combined for the assessment of cardiac function. Performing echoPIV measurements
next to SWE, could potentially give more insights in how myocardial stiffness affects
flow velocities. However, the relevance for clinical diagnosis, as well as the feasibility
and accuracy – especially in obese patients –, should be further investigated.
8.5. FUTURE STUDIES
Besides the remaining questions discussed throughout this discussion, other aspects
should be investigated in future studies before SWE methods can be used for the
clinical application of early diagnosis.
First, it is important that in an early stage of the disease process, a distinction can
be made between an increase in propagation speed due to pathological reasons
[39–41, 63] and due to aging [40, 63]. At the beginning of this discussion, we made an
estimation of the minimal number of heart cycles needed. However, many
assumptions were made for this estimation. Therefore, it would be interesting to
perform a longitudinal study including people at risk for developing heart failure.
Such study could give more insights in whether pathological effects can be
distinguished from the natural variations within a specific age group. Furthermore, as
an extension of Chapter 8, the effect of the progression of an induced myocardial




Second, although first steps are made in Chapter 8, studies in human and
including more subjects are needed to investigate to what extent SW propagation
speeds are affected by intrinsic tissue characteristics and by hemodynamic variations.
Third, it is important to investigate the feasibility of the different SWE methods
for a wide variety of patients. Although inducing external SWs transthoracically might
be challenging, especially in obese patients; natural SWs might not be present in
patients with severe abnormal valve closures, which should be further investigated.
Furthermore, atrial fibrillation might hamper the accurate measurement of natural
SWs in many individuals at risk for developing heart failure. For clinical diagnostics, it
is important that the technique is reliable in most patients, and therefore that the
feasibility of natural and ARF-induced SWE methods will be increased.
8.6. CONCLUSIONS
The clinical aim of this thesis was the development of a non-invasive method to
directly assess myocardial stiffness. This is relevant for the assessment of myocardial
stiffening in people at risk for developing heart failure and potentially for the
diagnosis of underlying pathophysiologies in patients with HFpEF. The focus of this
thesis was the accurate measurement and interpretation of natural SWs after valve
closure, using novel high frame rate ultrasound imaging techniques. This thesis shows
that natural SWs represent a mixed state of passive myocardial stiffness, relaxation,
contraction and loading. Therefore, although SWs can potentially be used to detect an
increased myocardial stiffness, it is likely that a combination with other techniques is
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Summary
The clinical motivation for performing the work in this thesis is to develop a
non-invasive method that can directly measure myocardial stiffness, as described in
Chapter 1. This is relevant for the early evaluation of myocardial stiffness in people at
risk for developing heart failure, as well as for the detection of underlying
pathophysiologies in heart failure patients with a preserved ejection fraction. This
thesis focusses in particular on the accurate measurement and interpretation of
natural shear waves (SWs) after aortic and mitral valve closure (AVC and MVC).
In Chapter 2, a spatio-temporal correlation technique was used to assess
propagation speeds of a diffuse field in a thin-plate phantom. Similar propagation
speeds were obtained compared to the direct in-plane assessment of SWs propagating
in one direction. Nonetheless, the spatio-temporal correlation technique was shown
to overestimate propagation speeds for incompletely diffuse wave fields. Although
diffuse natural vibrations caused by breathing and flow noise might be expected in
the heart, we could not observe them in vivo.
Chapter 3 & 4 focus on the accurate measurement of SW propagation speed after
valve closure. In Chapter 3, we show in open-chest pigs that SW propagation speeds
after AVC are strongly affected by the manually selected propagation path on the
interventricular septum. The differences in propagation speed potentially reflect
physiologic differences. However, when selecting multiple propagation paths on the
left ventricular side of the septum, still large intra-scan variations were measured,
potentially caused by measurement inaccuracies. Therefore, the standard error can
be reduced by averaging over multiple propagation paths within individual
acquisitions. In this way, measurement inaccuracies as well as physiologic
variabilities due to different M-spline locations are dealt with. This is important for
clinical diagnosis, since an increased myocardial stiffness should be identified at an
early stage of the disease process. This chapter also shows higher propagation speeds
when tracking aspects of the SW tissue motion earlier in time (median increase of
maximal 31% was measured), which illustrates the general need of a more
standardized method for SW tracking.
In Chapter 4, we extended our research on intra-scan variabilities to a more general
reproducibility study of the SWs after AVC and MVC in healthy volunteers. Inter-scan
variabilities were found to be only slightly higher than intra-scan variabilities, and
test-retest variabilities were also found to be in the same range as inter-scan
variabilities. To study the effect of larger hemodynamic variations, the effect of a mild
handgrip test was studied. However, no statistical effect was observed. This suggests
that the variabilities measured among healthy volunteers with only mild
hemodynamic variabilities, are dominated by measurement inaccuracies rather than
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by physiological causes. Therefore, precision for clinical diagnosis can be further
improved by averaging over several heartbeats. Furthermore, in this chapter,
significantly higher propagation speeds were obtained after AVC for a clinical system
with a custom high-frame-rate mode compared to a clinical system with a clinical
high-frame-rate mode. This distinction in propagation speeds is probably caused by
differences in data processing. Thus Chapter 3 & 4 both illustrate that the method
used affects the SW propagation speed measured. Therefore, for clinical application a
universal and robust method is needed.
It is currently unknown what types of wave modes are induced after valve
closure, and thus which echocardiographic view is preferred for measuring these SWs.
Therefore, in Chapter 5, we compared SW propagation speed measurements after
AVC in a parasternal long-axis view with measurements in an apical four-chamber
view in healthy volunteers. Finite element simulations of Lamb waves in an elastic
plate show that different propagation speeds can be measured for the longitudinal
and transversal particle-motion components when multiple Lamb waves are induced
simultaneously. Since the apical view is predominantly sensitive to longitudinal
particle motion and the parasternal view for transversal motion, the simultaneous
presence of multiple wave modes could explain measuring a view-dependent
propagation speed. Indeed, we obtained higher propagation speeds in apical than in
parasternal view (median of 5.1 m/s vs. 3.8 m/s), but these propagation speeds in the
two views did not correlate. Furthermore, an unexpectedly large range of values
among healthy volunteers was found in the apical view compared to the parasternal
view (3.5 – 8.7 m/s vs. 3.2 – 4.3 m/s). Therefore, these results cannot be explained by
our hypothesis of symmetric and anti-symmetric Lamb waves being simultaneously
induced after AVC, or by a superposition of different wave modes measured within an
individual echocardiographic view. Nonetheless, due to the presence of promising
clinical studies in the parasternal view only, due to the lower median propagation
speed – corresponding to smaller wavelengths that can be tracked more accurately –,
and due to the lower inter-volunteer variability in parasternal view found in this
chapter, the parasternal view is currently preferred for the clinical application.
However, since apical view measurements might contain additional information on
myocardial characteristics, future studies are desired.
In Chapter 6, the effect of a temporally changing stiffness on wave propagation
was fundamentally studied, since it is expected that the myocardium is relaxing or
contracting at the moments of valve closure. We showed that the amplitude and
period of a wave increase over time proportionally with the relaxation of the medium.
Furthermore, a reflected wave can be induced at the moments of discontinuity in
acceleration. However, this latter effect is not expected nor observed in vivo, since
relaxation happens smoothly. The increase in wave amplitude and period depends on
the relaxation rate of the myocardium, and could therefore theoretically be used to
diagnose relaxation and/or contraction abnormalities. However, the expected effects
are small and we could not observe them in vivo.
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In Chapter 7 & 8, the SW propagation speeds after AVC and MVC were compared
with SWs induced with an acoustic radiation force (ARF) throughout the entire
cardiac cycle . This was done in an open- and closed- chest pig setting, respectively in
two chapters. In Chapter 7, despite the different SW and SW-source characteristics of
the two methods, similar propagation speeds were found for the simultaneous natural
and ARF-induced SWs, when tracked along the same propagation path. Furthermore,
we show that the natural SWs occur at moments in between the prevalence of the
highest and lowest ARF-based speeds, corresponding to systole and diastole
respectively. Also, the propagation speeds after valve closure were found to be
statistically higher than the ARF-based speeds in diastole. Thus, the results suggest
that with natural shear wave elastography a myocardial stiffness in between
relaxation and contraction is measured.
In Chapter 8, in closed-chest pigs, we performed similar measurements as in the
previous chapter, while altering preload and afterload, administrating dobutamine
intravenously and inducing a myocardial infarction. The preliminary results show
that SW propagation speeds not only depend on intrinsic myocardial characteristics,
but also on hemodynamic loading.
As an alternative to cardiac shear wave elastography for the early diagnosis of
cardiac dysfunction, we studied echo-particle image velocimetry (echoPIV) in
Chapter 9. The high-velocity diastolic left-ventricular flow patterns were measured in
a heart failure patient, by tracking ultrasound contrast agent microbubbles. 2D
high-velocity flow patterns were obtained. Futhermore, the trans-mitral jet measured
with echoPIV was very similar to the pulsed wave Doppler velocities.
Chapter 10 connects the results obtained throughout the other chapters, and




De klinische motivatie van dit proefschrift is het ontwikkelen van een niet-invasieve
techniek die de stijfheid van het myocard direct kan meten, zoals beschreven in
Hoofdstuk 1. Dit is met name relevant voor het vroegtijdig detecteren van een
toegenomen myocard stijfheid in mensen met een risico op hartfalen, en ook voor het
bepalen van onderliggende pathofysiologieën in patiënten met hartfalen met een
behouden ejectiefractie. Dit proefschrift focust specifiek op het accuraat meten en
interpreteren van de natuurlijke shear waves (SWs) die ontstaan na het sluiten van de
aortaklep en mitraalklep (AVC en MVC).
In Hoofdstuk 2, hebben we een spatiële en temporele correlatie techniek
gebruikt om propagatiesnelheden te meten van SWs die in verschillende richtingen
propageren in een dunne plaat fantoom. Vergelijkbare propagatiesnelheden waren
gemeten vergeleken met de directe meting van SWs die slechts propageren in één
richting. Desalniettemin, de correlatie techniek overschatte propagatiesnelheden
wanneer de SWs niet compleet in alle richtingen propageerden. Hoewel diffuse
natuurlijke vibraties, ontstaan door ademhaling en bloedstroming, verwacht werden
in het hart, hebben we deze niet kunnen observeren in vivo.
Hoofdstuk 3 & 4 behandelen het accuraat meten van SW propagatiesnelheden
na klepsluiting. In Hoofdstuk 3 laten we zien in varkens met een open borstkast dat
de SW propagatie snelheden na AVC sterk beïnvloed worden door het handmatig
geselecteerde propagatiepad over het interventriculaire septum. De gemeten
verschillen in propagatiesnelheden hebben waarschijnlijk fysiologische oorzaken.
Echter, wanneer alleen propagatiepaden op de linkerkamer zijde van het septum
werden geselecteerd, werden nog steeds grote intra-scan variaties gemeten. Deze
variaties zijn mogelijk veroorzaakt door meetonzekerheden, en daarom kan de
standaardfout gereduceerd worden door te middelen over verschillende
propagatiepaden binnen individuele metingen. Op deze manier wordt er rekening
gehouden met meetonnauwkeurigheden en met fysiologische variaties. Dit is
belangrijk voor klinische diagnose, zodat een toegenomen myocard stijfheid kan
worden gedetecteerd in een vroeg stadium van het ziekteproces. Dit hoofdstuk laat
bovendien zien dat wanneer een deel van de SW-beweging in het weefsel wordt
geselecteerd, dat sneller na klepsluiting plaatsvindt, hogere propagatiesnelheden
worden gemeten (mediaan toename van maximaal 31% was gemeten). Dit laat zien
dat er een meer gestandaardiseerde methode nodig is voor het meten van SWs.
In Hoofdstuk 4 hebben we onze studie naar intra-scan variaties uitgebreid naar een
meer algemene herhaalbaarheidsstudie van de SWs na AVC en MVC in gezonde
vrijwilligers. De gemeten inter-scan variaties waren slechts iets hoger dan de
intra-scan variaties, en de test-retest variaties waren ook in hetzelfde bereik als de
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inter-scan variaties. Een milde handgriptest was gebruikt om de effecten van grotere
hemodynamische variaties te onderzoeken. We hebben echter geen significant effect
gemeten. Dit suggereert dat de variaties gemeten binnen gezonde vrijwilligers met
alleen milde hemodynamische variaties, worden gedomineerd door
meetonnauwkeurigheden in plaats van door fysiologische oorzaken. Daarom kan de
precisie voor klinische diagnose verbeterd worden door te middelen over
verschillende hartslagen. Bovendien zijn er in dit hoofdstuk significant hogere
snelheden gemeten na AVC met een klinisch systeem met een op maat gemaakte
hoge-beeldsnelheid modus vergeleken met een klinisch systeem met een klinische
modus. De afwijkende propagatiesnelheden zijn waarschijnlijk veroorzaakt door
verschillen in de dataverwerking. Kortom, Hoofdstuk 3 & 4 laten beide zien dat de
gebruikte methode invloed heeft op de gemeten SW propagatiesnelheden. Daarom is
een universele en robuuste methode gewenst voor klinische toepassing.
Het is momenteel niet bekend welke type golven worden geïnduceerd na
klepsluiting, en dus welk echocardiografisch beeld het meest geschikt zou zijn voor
het meten van deze SWs. Daarom hebben we in Hoodfstuk 5 de SW
propagatiesnelheden na AVC in een parasternale lange-as opname vergeleken met
metingen in een apicale vier-kamer opname in gezonde vrijwilligers. Numerieke
simulaties van Lamb golven in een elastische plaat laten zien dat verschillende
propagatiesnelheden gemeten kunnen worden voor de longitudinale en transversale
componenten van de deeltjes beweging, wanneer meerdere Lamb golven
tegelijkertijd geïnduceerd zijn. Omdat de apicale weergave met name gevoelig is voor
longitudinale en de parasternale weergave voor transversale bewegingen, kan dit dus
ook leiden tot het meten van verschillende propagatiesnelheden in beide
echocardiografische weergaves. We verkregen inderdaad hogere snelheden in de
apicale vergeleken met de parasternale opnames (mediaan van 5.1 m/s vs. 3.8 m/s),
maar deze propagatiesnelheden waren niet aan elkaar gecorreleerd. Bovendien werd
een onverwacht groot bereik van waardes tussen gezonde vrijwilligers gemeten in de
apicale vergeleken met de parasternale opnames (3.5 – 8.7 m/s vs. 3.2 – 4.3 m/s).
Daarom kunnen deze resultaten niet verklaard worden op basis van onze hypothese
dat symmetrische en antisymmetrische Lamb golven tegelijkertijd geïnduceerd
worden na AVC, of dat een superpositie van verschillende golfmodi wordt gemeten in
een individuele echocardiografische opname. Desalniettemin, omdat er alleen
veelbelovende klinische studies in parasternale beelden gerapporteerd zijn, en omdat
we een lagere mediaan propagatiesnelheid – overeenkomend met kleinere golflengtes
die nauwkeuriger gemeten kunnen worden – en een lagere variabiliteit tussen
vrijwilligers hebben gemeten voor de parasternale weergave in dit hoofdstuk, wordt
momenteel voor mogelijke klinische toepassing de voorkeur gegeven aan
parasternale opnames. Echter, studies in de toekomst moeten aantonen of apicale
opnames misschien extra informatie kunnen geven over de eigenschappen van het
myocard.
In Hoofdstuk 6 wordt het effect van een veranderende stijfheid in tijd op
golfpropagatie fundamenteel onderzocht. Immers, op het moment van klepsluiting is
het myocard waarschijnlijk aan het ontspannen of samentrekken. We laten zien dat
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de amplitude en periode van een golf proportioneel toenemen met het ontspannen
van het medium in tijd. Bovendien kan er een gereflecteerde golf ontstaan op een
moment van discontinuïteit in acceleratie. Echter, dit laatste effect wordt niet
verwacht en is niet geobserveerd in vivo, omdat relaxatie geleidelijk plaatsvindt. De
toename in golfamplitude en periode hangt af van de relaxatiesnelheid van het
myocard, en kan daarom theoretisch gebruikt worden voor de diagnose van
abnormale relaxatie en/of contractie. Echter, deze effecten zijn waarschijnlijk klein en
hebben we niet kunnen observeren in vivo.
In Hoofdstuk 7 & 8 zijn de SW propagatiesnelheden na AVC en MVC vergeleken
met SWs die extern geïnduceerd zijn met behulp van een akoestische stralingsdruk
(ARF) tijdens de gehele hartcyclus. Dit is gedaan in varkens met respectievelijk een
open en een gesloten borstkast in de twee hoofdstukken. In Hoofdstuk 7 hebben we,
ondanks de verschillen in SW en SW-bron eigenschappen, vergelijkbare
propagatiesnelheden gemeten voor de natuurlijke en ARF-gebaseerde SWs op het
moment van klepsluiting langs hetzelfde propagatiepad. Bovendien laten we zien dat
de natuurlijke SWs plaatsvinden op momenten tussen de hoogste en laagste
ARF-gebaseerde propagatiesnelheden, die corresponderen met systole en diastole
respectievelijk. De propagatiesnelheden na klepsluiting waren ook statistisch hoger
dan de ARF-gebaseerde snelheden in diastole. Kortom, de resultaten suggereren dat
natuurlijke SWS corresponderen met een myocardstijfheid met een waarde tussen die
van relaxatie en contractie in.
In Hoofdstuk 8, in varkens met een gesloten borstkast, hebben we vergelijkbare
experimenten uitgevoerd als in het vorige hoofdstuk. Hierbij hebben we
vullingsdrukken gevarieerd, dobutamine intraveneus toegediend, en een infarct
geïnduceerd in het myocard. De voorlopige resultaten laten zien dat SW
propagatiesnelheden niet alleen afhankelijk zijn van intrinsieke
myocardeigenschapen, maar ook van hemodynamische belasting.
We onderzochten echo-particle image velocimetry (echoPIV), een alternatief voor
het gebruik van shear wave elastografie voor het vroegtijdig diagnosticeren van
cardiale dysfunctie, in Hoofdstuk 9. De bloedstromingspatronen met hoge
diastolische snelheden in de linkerkamer waren gemeten in een patient met
hartfalen, met behulp van ultrageluid in combinatie met ultrageluid contrast-agent
microbellen. 2D bloedstromingspatronen met hoge snelheden waren gemeten.
Bovendien, vergelijkbare snelheden voor de trans-mitrale stroming was gemeten met
echoPIV als met reguliere klinische pulsed wave Doppler.
Hoofdstuk 10 verbindt de resultaten van de verschillende hoofdstukken in dit
proefschrift, en bediscussieert hoe de resultaten moeten worden geïnterpreteerd,
alsook de klinische relevantie en perspectieven voor de toekomst.
